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ABSTRACT 
Background  Implantation of vascular grafts provides a means to restore blood 
flow in compromised regions of the circulatory system, and thus is used to treat a wide 
range of cardiovascular diseases. Despite significant advancements in autologous grafting 
strategies as well as the engineering of synthetic alternatives, mechanical, structural, and 
compositional incongruities between the graft and the host artery remain as contributing 
factors to graft failure. The typical failure modality manifests as proximal anastomotic 
intimal hyperplasia, which places restrictions on the host vessel size currently treated 
with grafting strategies (> 5 mm internal diameter). In order to improve long-term clinical 
outcomes, this project is devoted to experimental investigations of native and engineered 
vascular mechanics, with development of structure-motivated constitutive models that 
promote both the optimal selection of native vascular grafts and fabrication of engineered 
vascular substitutes. 
Dissertation summary  The overall goal of this project is to characterize and model 
the mechanical properties of native arteries, with focus on the primary renal artery, as 
well as a representative material for the engineering vascular substitutes. In our first set 
of studies, we employed an integrated experimental-theoretical methodology to study the 
passive mechanical behavior of porcine primary renal artery. Inflation-extension tests and 
structure-motivated constitutive models were used to characterize the contribution of 
structural constituents, such as elastin and collagen, to the macroscopic mechanical 
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response of the arterial wall. In our next set of studies, we sought to understand how 
vascular smooth muscle cell contractile states modulate the mechanical responses of 
arterial wall. Active stresses induced by vascular smooth muscle cell contraction were 
derived via isometric contraction studies, and analytical expressions to characterize the 
biaxial active stress-strain relationships were proposed. Thirdly, for the sake of 
appropriate selection of an autologous source for coronary artery end-to-end grafting, the 
passive mechanical behaviors of porcine coronary artery, internal thoracic artery, radial 
artery, great and lateral saphenous veins were assessed and compared. Differences in 
compliance, average wall stresses, and deformed inner radii between the coronary artery 
and the graft were proposed as a basis for optimal tissue selection and implantation 
strategy. Finally, the mechanical properties of novel engineered vascular constructs were 
characterized as a function of fabrication protocol. The mechanical response of tissue-
engineered constructs, and more specifically the compositional determinants of exhibited 
behavior, indicates these materials could be further developed for grafting applications. 
Taken together, the studies encompassed in this dissertation provide a comprehensive 
framework to improve the clinical implementation of autologous vascular grafts and 
direct the engineering of vascular substitutes.  
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CHAPTER 1 
INTRODUCTION 
1.1 OVERVIEW  
Cardiovascular Disease 
Cardiovascular disease (CVD) is the leading cause of morbidity and mortality in 
the United States. It is estimated that 83.6 million American adults carry one or more 
forms of CVD, with corresponding annual medical cost of $121.2 billion [1]. 
Atherosclerosis is the most prevalent manifestation of CVD, and is characterized by the 
presence of plaques on the vascular wall (Figure 1.1). Plaques are composed of 
cholesterol and lipid residing on the intima of affected vasculature. Atherosclerotic 
plaques can impede blood flow and lead to acute ischemia in local tissue, as in the case of 
a myocardial infarction caused by coronary artery occlusion. Alternatively, mechanically 
unstable plaques can rupture, under physiological loading and distal vessel occlusion, as 
typified by cerebral stroke [2]. These genesis and progression of most forms of CVD are 
in part attributed to damage of arterial endothelium, which is promoted by risk factors 
including hypertension, high levels of cholesterol, and smoking  [3]. The mechanical 
properties of native vessels play a major part in understanding the physiological and 
pathophysiological functions of the vessels, having important clinical implications in the 
diagnosis and treatment of patients with coronary artery disease and atherosclerosis. 
2 
 
 
 
Figure 1.1. A schematic illustration of artery in the healthy and atherosclerotic states[4]. 
 
Surgical revascularization 
Surgical revascularization procedures are widely employed for treating CVD [5-
12]. Coronary arteriovenous graft is mainly used for myocardial revascularization, 
reliving ischemic resistant to medicine and preventing myocardial infarction. Selection of 
the graft conduits plays a significant part in ensuring successful rate of arteriovenous 
graft and increasing its patency as well as patient’s survival rate. Venous bypass grafts, 
such as great and lateral saphenous veins, were firstly developed and are still in use for 
arteriovenous graft [13]. However, due to premature vein graft blockage and failure, such 
as graft thrombosis and atherosclerosis, arterial conduits such as left internal mammary 
artery (LIMA) with better long-term patency rate are used as alternative methods [14-17]. 
Furthermore, radial artery (RA) with less risk of infection and injury in re-operative 
surgery is considered as the second best coronary bypass graft [18, 19] (Figure 1.2).  
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Figure 1.2. A schematic representation of coronary artery bypass grafting [20]. 
 
Tissue engineered vascular prostheses 
Each year, hundreds of thousands of people undergo vein or artery replacement 
surgeries. However, systemic vascular disease often means that autologous replacement 
blood vessels are not available. Despite great advancements in vascular tissue 
engineering, development of functional arterial replacement grafts that meet requirements 
for mechanical strength and stiffness and which mimic the biological functionality of a 
native vessel has been elusive. 
A variety of approaches have been developed to fabricate blood vessels [21-25]. 
These include the use of tubular scaffolds manufactured from natural and synthetic 
biomaterials that are subsequently seeded with vascular cells to create living prostheses 
[26-29] (Figure 1.3). A potentially promising approach to fabricate blood vessels is to 
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stimulate cells to synthesize extracellular matrix (ECM) and form scaffolds with 
composition and mechanical properties comparable to native blood vessels [30].  
 
 
Figure 1.3. A schematic representation of tissue-engineered blood vessels[31]. 
 
State of the art of vascular biomechanics 
Arteries are multi-layered structures with arranged fibers embedded in an 
amorphous matrix, with mechanical behavior that is nonlinear. It is accepted that elastin 
fibers are the primary load-bearing elements over the range of low pressures, while 
collagen fibers are gradually recruited and bear load at higher pressures [32]. Constitutive 
models in terms of invariant-based strain energy functions are used to describe this 
nonlinear elastic behavior. Three main groups of models for vascular tissue mechanics 
have been proposed based on the principles of continuum mechanics. In all approaches, 
the arterial tissue is considered as a nonlinear elastic, orthotropic, and incompressible 
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material. Phenomenological models propose a strain energy density function (SEF) in 
terms of single analytical function of the components of the strain tensor, from which all 
stress-strain constitutive relations follow [33, 34]. The functional form and the material 
constants of the SEF are identified based on a best fit between experimentally recorded 
data and corresponding theoretical predictions. While phenomenological models can 
accurately match experimental data, they cannot offer insight into the structural and 
compositional features of the tissue that give rise to observed mechanical behavior. 
Conversely, structure-based, one-phase models account for the contribution of the major 
structural load-bearing constituents of the arterial wall, e.g. elastin, collagen, and vascular 
smooth muscle cells, by identifying the SEF using a particular structure-based analytical 
form [35, 36]. Finally, structural-based models coupled with the theory of constrained 
mixtures result in SEFs that account for the individual mechanical properties and the 
amount of the structural load-bearing constituents [37, 38]. The theory of constrained 
mixtures facilitates assessment of arterial remodeling based not only on mechanical 
stimuli, but also in regards to the specific composition of a given vessel.   
In addition to vascular passive responses resulting from the mechanical properties 
of the intramural elastin and collagen, arterial compliance is also affected by the 
dynamics of vascular smooth muscle cells (VSMCs). The temporary alteration of the 
level of VSMCs activation modulates the lumen diameter of blood vessel so as to restore 
the baseline value of local flow-induced shear stress. Numerous studies have been 
conducted to study the contribution of VSMCs contractile states to strain and stress 
distribution across the arterial wall [39-42]. Furthermore, synthetic and proliferative 
activity of the VSMCs in response to changes in hemodynamic loads was proposed to be 
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highly associated with VSMCs basal tone, leading to vascular stress-induced remodeling 
[43-47]. 
Identification of reference configuration is of great importance for calculating 
strains and stresses.  If a radial cut is introduced on an unloaded ring segment obtained 
from artery, it springs open into a sector, implying the existence of circumferential 
residual strains and stresses within the arterial wall due to differential growth during 
development [21, 48]. Residual strain is quantified by an opening angle bisecting the 
sector and proposed to homogenize the stress field within the arterial wall under 
physiological loads [48].  
1.2 SCOPE 
Among the numerous biomechanical investigations devoted to large blood vessels, 
surprisingly few have focused on the primary renal arteries. Of the published studies, 
none provide insight into the stresses experienced by vascular cells under normal or 
disease states. Wall stresses and strains constitute the local mechanical environment of 
mechanosensitive vascular cells and thus are major factors governing arterial 
performance. Wall stresses cannot be measured but instead are calculated via solving a 
boundary value problem for the deformed vessel, requiring the formulation and 
identification of the constitutive equations for the renal artery in terms of soft tissue 
continuum mechanics. Because mechanobiological processes play a key role in not only 
vascular homeostasis but also pathological progression, identifying the structural 
determinants of vascular biomechanics is a necessary step to understand the functional 
consequences of vascular disease and developing therapeutic strategies to restore vessel 
function. Moreover, the predictive results from solving boundary value problems within 
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the proposed model can promote assessments for the effects of some therapeutic 
procedure and can give guidance for optimizing their efficiency. 
The following questions, hypotheses and specific aims drive this project, which 
seeks to provide a basis for selecting coronary arterial end-to-end grafts and designing 
better tissue-engineered vascular substitutes. 
Open Questions 
1. How do the primary structural constituents, elastin and collagen, contribute to the 
passive mechanical response of the primary renal artery?  
2. How does multi-axial vascular smooth muscle cell contraction affect the 
mechanical behavior of the primary renal artery? 
3. Will plausible alteration of the axial stretch of an autologous vascular graft 
significantly impact its mechanical performance? 
4. Do established structure-function relationships in native arterial tissue also apply 
to the mechanical response of engineered vascular substitutes? 
 
Specific Aims 
A majority of the published investigations on blood vessel mechanics refer to the 
thoracic, carotid, coronary, abdominal, or cerebral arteries [37, 49-52]. The sparse 
published data on renal arteries provide only descriptive information when the smooth 
muscle is either fully relaxed (passive response) or activated to contract (active response) 
[53]. Studies to date cannot provide insights into the multifactorial nature of phenomena 
that dictate renal artery mechanics and cannot predict the arterial response resulting from 
altered geometry, structure, and loading conditions. There is a pressing need for structure 
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and function-motivated comprehensive experimental investigations and adequate 
mathematical modeling,  the results of which can bridge the gap in the current knowledge 
about: (i) the individual contribution of basic structural vascular components (elastin,  
collagen, and smooth muscle)  to the mechanical response; (ii) the multiaxial effects of 
the smooth muscle contraction; and (iii)  a  structure-motivated constitutive formulation 
of the  mechanical properties of renal artery tissue that accounts for both the passive and 
active response.  The central premise of this study is that the volume fractions of 
structural elements and the active response developed by the vascular smooth muscle can 
be experimentally recorded and incorporated into a constrained mixture rheological 
model to describe and predict the mechanical performance of renal arteries and genesis of 
some vascular disorders.   
 
Specific Aim 1: Quantify the contributions of the passive structural components to the 
mechanical behavior of the primary renal artery 
Working hypothesis: The spatial organization, and individual mechanical properties of 
elastin and collagen can be incorporated into a three-dimensional, one-layered model of 
the renal artery, the parameters of which can be identified and the predictive power 
verified from an appropriate set of bi-axial mechanical experiments for the passive 
mechanical response.  
 
Specific Aim 2: Characterize the biaxial mechanical effects of vascular smooth muscle 
cells (VSMCs) within the renal arterial wall and incorporate the active stress into 
constitutive equations of the arterial tissue.  
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Working hypothesis: Stimulated VSMCs modulate arterial mechanics via generation of 
active tension in the circumferential and longitudinal directions.   
 
Specific Aim 3: Investigate the passive mechanical and structural properties of various 
blood vessels and predict their mechanical compatibility in the context of forming end-to-
end vascular grafts to the coronary artery. 
Working hypothesis: Aiming to reduce the disturbance of the local mechanical 
environment at the anastomosis, the clinical feasibility of the autologous vascular graft is 
indicated by the discrepancy in structural and mechanical properties between graft and 
host artery.  
 
Specific Aim 4: Quantify the mechanical response of fabricated vascular tissue constructs 
in a uniaxial tensile as well as burst pressure and suture retention experiments.  
Working hypothesis: Biofabricated tissue constructs can be modeled as nonlinear, elastic, 
isotropic, incompressible materials. The results of one-dimensional testing are sufficient 
to fully characterize the mechanical properties of tissue engineered vascular substitutes 
prior to structural reorganization induced via mechanical preconditioning.  
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CHAPTER 2 
PASSIVE MECHANICS OF PRIMARY RENAL ARTERIES 
 
2.1. ABSTRACT 
 
The primary renal arteries transport up to one fourth of cardiac output to the 
kidneys for blood plasma ultrafiltration, with a functional dependence on the vessel 
geometry, composition, and mechanical properties. Despite the critical physiological 
function of the renal artery, the few biomechanical studies that have focused on this 
vessel are either uniaxial or only partially describe its bi-axial mechanical behavior. In 
this study, we quantify the passive mechanical response of the porcine primary renal 
artery through bi-axial mechanical testing that probes the pressure-deformed diameter 
and pressure-axial force relationships at various longitudinal extensions, including the in-
vivo axial stretch ratio. Mechanical data are used to parameterize and validate a structure-
motivated constitutive model of the arterial wall. Together, experimental data and 
theoretical predictions of the stress distribution within the arterial wall provide a 
comprehensive description of the passive mechanical response of the porcine primary 
renal artery. 
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2.2.  INTRODUCTION 
 
The primary renal artery is a large conduit vessel that directs blood flow to 
kidneys, and thus is critical to both specific organ function and overall health. As is 
characteristic for muscle-type vessels, the physiological role of the renal artery is not only 
to convey but also regulate blood flow in response to mechanical and/or biochemical 
stimuli [54]. An adaptive mechanical response evokes a change in lumen diameter that 
tends to maintain blood flow rate and wall stresses at baseline values [55]. Alterations in 
vessel geometry, tissue mechanical properties, or vasomotor function can lead to a 
maladaptive arterial response that manifests as arterial occlusion, reduced blood supply, 
or abnormal wall stress distribution [56]. Renal vascular disease (RVD) is associated with 
arterial maladaptation and occurs in approximately 7% of the elderly population, 
potentially causing stenosis, renovascular hypertension, chronic renal insufficiency, or 
end-stage renal disease. In addition to compromising kidney function, RVD can incite 
systemic disorders, including impairments of acid-base blood balance, electrolyte 
concentrations, and extracellular fluid volume [21-23, 57]. Due to the critical nature of 
kidney physiologic functions and the impact on overall health as well as clinical 
significance for surgical procedure, there is a pressing need for mechanical 
characterization of the renal artery. 
The renal arteries direct approximately 25% of cardiac output to the kidneys for 
glomerular filtration, playing a critical role in both specific organ function and overall 
health [38, 52]. Renal arteries are muscle-type vessels that control blood flow through 
changes in lumen diameter, with functional dependence on initial vessel geometry, 
mechanical properties of the vascular tissue, contractile state of the vascular smooth 
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muscle cells (VSMCs), and arterial pressure. Cumulatively, these factors determine the 
stress field within the arterial wall and thus impact the phenotype of mechanosensitive 
vascular cells [38, 52]. Because stresses are not directly measured but rather calculated, 
an integrated experimental/theoretical approach is required to understand the mechanical 
behavior of the renal artery and the factors that govern mechanically-mediated biological 
processes. 
The sparse published biomechanical data on renal arteries are either uniaxial or 
only partially describe as opposed to explain the fundamental determinants of mechanical 
behavior [24, 38, 47, 52]. Studies to date cannot provide insights into the multifactorial 
and multidirectional nature of phenomena that dictate renal artery mechanics and cannot 
predict how structural or compositional alterations in the arterial wall will impact vessel 
performance. The dynamic environment of the renal artery implies that retention of 
performance depends on the ability of the vessel to respond appropriately to change. The 
high muscle content of renal arteries enables a rapid alteration of vessel tone in response 
to transient fluctuations in blood flow or pressure. Vessel tone is tuned via SMC 
contraction, which is a mechanosensitive process that is concurrently mediated by flow-
induced shear at the endothelium, pressure-induced medial stretch, and baroreceptor 
signaling from the sympathetic nervous system [25, 56, 58, 59]. Arteries respond to long-
term alterations in arterial pressure and blood flow by changing geometry, structure, and 
composition. This response is termed remodeling and plays an important role in normal 
arterial physiology and in the genesis and progression of certain vascular disorders [49, 
56, 60]. Remodeling results from the altered vascular cell activity caused by perturbed 
local stresses and strains, which trigger a series of events that ultimately lead to cell 
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proliferation, hyperplasia, cell apoptosis or necrosis, hypertrophy, and cell migration, and 
elicits imbalance between extracellular matrix synthesis and degradation. Adaptive 
remodeling is long-term responsive process of arterial tissue that preserves the baseline 
mechanical environment in the arterial wall despite sustained changes in loading, the 
former characterized by local stresses and strains and the latter by blood flow rate, 
arterial pressure, and longitudinal stretching [61-64]. Maladaptive remodeling occurs 
when the baseline mechanical state is not fully restored, resulting in suboptimal values of 
flow-induced shear stress at the endothelium, circumferential wall stresses, and/or 
linearized structural wall stiffness in the physiologic strain range [62, 65-67]. 
Maladaptive remodeling is postulated to be a contributing factor and potentially the 
underlying cause of various manifestations of cardiovascular disease (CVD) [68-70]. 
With CVD accounting for almost half of deaths in industrialized nations, it is important 
to understand the fundamental process of arterial remodeling in all vital regions of the 
circulatory system. 
From both a basic science and clinical perspective, there is a clear need for 
structure- and function-motivated comprehensive experimental investigations and 
adequate mathematical modeling of renal artery mechanics, the results of which will 
provide a structure-based constitutive formulation of renal artery tissue that delineates the 
individual contributions of primary load-bearing elements to the overall mechanical 
behavior, The central premise of our study is that the processes underlying renal artery 
mechanical behavior caused by changes in the global mechanical environment and/or 
arterial structure can be understood with structure-based mathematical models that 
14 
 
account for simultaneous, stress-driven alterations of the mass and mechanical properties 
of the main structural constituents of the arterial wall. 
 
2.3. MATERIALS AND METHODS 
 
Kidneys (n=6) were harvested from 7 month old pigs (mean weight of 240 pounds) 
at the local slaughterhouse. The kidneys were rinsed with saline solution, stored in an ice-
cold solution, and transported to the laboratory.  
Vessel isolation 
All tissue handling protocols were approved by the Institutional Animal Care and 
Use Committee at the University of South Carolina. Upon kidney arrival, the primary 
renal artery was isolated from the surrounding tissue, washed in phosphate buffered 
saline (PBS), dissected free of perivascular tissue, and mounted on stainless steel cannula 
for mechanical testing. Prior to excision, the in situ length of the vessel segment prior to 
excision (Lin_situ) and following excision (L) were measured and used to calculate the in 
situ axial stretch ratio (λin = Lin_situ/Lno load). 
Zero-stress configuration 
It is well-established that the zero-stress configuration of an artery is close to a 
circular sector and can be obtained after a radial cut on an unloaded ring segment. The 
zero-stress configurations of renal artery samples were assessed via image analysis 
(ImageJ) of opened-up ring segments that had reached an equilibrated state (Figure 2.1). 
The inner (Li) and outer (Lo) arc lengths and cross-sectional area (A) were measured for 
multiple rings from each arterial sample, and used to calculate the opening angle (Φo) and 
wall thickness (H) of the circular sector as follows:  
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𝛷𝑜 = 𝜋 −
𝐿𝑜−𝐿𝑖
2𝐻
                      𝑎𝑛𝑑                          𝐻 =
2𝐴
(𝐿𝑜+𝐿𝑖)
                                                           (2.1)  
                                   
 
 
 
Figure 2.1.A schematic representation of the idealized geometries of the zero-stress 
configuration (left) and a picture of the primary renal artery in the stress-free 
configuration (right). 
 
Mechanical testing  
A chambered vascular testing system (Bose BioDynamic 5270, Figure 2.2) will 
be configured to impart controlled luminal perfusion and constant axial stretch to excised 
segments of porcine renal vasculature. Automated system software (Wintest 4.1) and an 
external camera integrated via LabVIEW (National Instruments) will be used to 
continuously monitor vessel geometry, luminal pressure and axial force. Arterial 
segments were mounted onto stainless steel cannula to perform inflation-extension tests. 
Throughout mechanical testing, arteries will be maintained in Krebs solution (37 °C and 
Ph 7.4) and continuously bubbled with standard gas (95% O2 + 5% CO2). 
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Figure 2.2. Experimental setup for extension-inflation testing of vascular specimens 
(Bose BioDynamic 5270).  
 
Arteries were extended to Lin-situ and preconditioned with five inflation/deflation 
cycles (pressure range 0 – 200 mmHg) via controlled luminal flow of PBS to obtain an 
elastic pressure-diameter response. Segments were extended and held at fixed lengths (l) 
that yield axial stretch ratios (λz = l/Lno_load) ranging from 90% to 110% of the native 
value. For quasi-static pressure-diameter testing, segments were pressurized up to 200 
mmHg with 25 mmHg steps at a step rate of 0.2 mmHg/s. The average axial force, 
luminal pressure, and outer diameter recorded over a 30 second interval were reported for 
each experimental state (pressure and axial stretch ratio). At the end of mechanical 
testing, six rings (1 mm length) were cut from regions spanning the vessel length. Ring 
segments were used to determine the composition of the arterial wall. 
Histological analysis 
Histological analyses of vessel segments were conducted in parallel to measure 
the amount of structural components and provide further insight into their relative 
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influence on renal artery mechanics. Following mechanical testing, multiple ring samples 
from each arterial test segment were paraffin-embedded and processed with Verhoeff-
Van Gieson and picrosirius red staining protocols. Image analysis (ImagePro and ImageJ) 
of histological slides was used to estimate the area fractions of elastin and collagen within 
each segment. Average values were recorded for each vessel and expressed as a 
percentage of total vessel dry mass.  
 
Constitutive modeling 
Mechanical testing data can describe the mechanical response of the artery in 
terms of pressure-diameter relationships at different longitudinal stretch ratios and force–
longitudinal stretch ratio relationships at different pressures. However,   this information 
does not reveal the mechanical properties of the vascular tissues in terms of stress-strain 
relations, as the stress field in the arterial wall cannot be measured. In a range of basic 
science and medical arenas, including disease diagnosis, cellular signal 
mechanotransduction, and arterial tissue biofabrication, it is advantageous to understand 
the individual contribution of basic structural constituents to the entire arterial 
mechanical response.  Accordingly, one of the major objectives of vascular biomechanics 
is the determination of the constitutive equations that describe tissue mechanical 
properties and allow formulating and solving boundary value problems with predictive 
power.   
To achieve this goal, a mathematical model of the passive mechanical response of 
the renal artery was developed based on the following assumptions: (i) the opened 
configuration obtained after a radial cut on an unloaded arterial segment is considered as 
a circular sector and is taken as a stress-free reference configuration for calculating 
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strains, thus accounting for the effects of the residual strains that exist in the traction free 
configuration; (ii) arterial geometry is considered as a 3-D thick-walled cylindrical tube 
under applied pressure and longitudinal extension in an axisymmetric deformed state; 
(iii) the arterial wall is a constrained mixture of elastin, collagen and smooth muscle cells 
(SMCs), with each constituent representing a non-linear elastic incompressible solid that 
undergoes finite deformations; (iv) the contribution of the vascular SMCs to the passive 
response is negligible.  
 
 
 
Figure 2.3. Schematics of the idealized geometries of the (a) zero-stress and (b) deformed 
arterial configurations. 
The deformation of the artery is characterized by the right Cauchy-Green strain 
tensor defined as: 
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[𝐶] = 𝑑𝑖𝑎𝑔{𝜆𝑟
2, 𝜆𝜃,
2 𝜆𝑧
2} = 𝑑𝑖𝑎𝑔 {(
𝑑𝑟
𝑑𝑅
)
2
, (
𝜒𝑟
𝑅
)
2
, 𝜆2},                                                       (2.2) 
Where λi  i =r,θ,z are the stretch ratios in the radial, circumferential and longitudinal 
direction, respectively; R and r are the current undeformed and deformed radii; Φ is the 
opening angle (Figure 2.3); and χ = π/( π- Φ). 
The passive Cauchy stress tensor  pT  is developed by the elastin and collagen 
and defined as. 
[𝑇𝑝] = 𝑑𝑖𝑎𝑔{𝑡𝑟
𝑝, 𝑡𝜃
𝑝, 𝑡𝑧
𝑝} = 𝑑𝑖𝑎𝑔 {𝑝 + 𝜆𝑟
𝜕𝑊
𝜕𝜆𝑟
, 𝑝 + 𝜆𝜃
𝜕𝑊
𝜕𝜆𝜃
, 𝑝 + 𝜆𝑧
𝜕𝑊
𝜕𝜆𝑧
}                          (2.3)  
where p is unknown function due to the incompressibility of the mixture and also 
accounts for the mechanical contribution of the water fraction; W is the strain energy 
density function;  
We adapted a previously proposed structure-motivated strain energy function and 
seek W in the following form: 
 𝑊 = 𝑐(𝐼1 − 3) + ∑
𝑏1𝑘
2𝑏2𝑘
𝑘=1,2,3,4 {𝑒𝑥𝑝[𝑏2𝑘(𝜆𝑘
2 − 1)2] − 1}                                          (2.4)
          
                                            
where k denotes a family of collagen fibers oriented at a mean angle of ±ɑk with respect 
to the longitudinal (z) direction; c, b1k, and b2k are material constants; I1 = λ
2
r + λ
2
θ  + λ
2
z 
is the first invariant of the right Cauchy-Green strain tensor; and λ2k = λ
2
rsin
2(ɑk) + 
λ2zcos
2(ɑk) describes the stretch of each family of collagen fibers.  
The mathematical model briefly described above motivates the experimental 
testing in the previous subsection. Given the analytical form of the functions in the 
constitutive equations, the experimental data are acquired and processed to determine 
model variables and parameters.  
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For quasi-static inflation-extension of an artery, given the initial geometry, 
longitudinal stretch ratio, and the constitutive equations for the passive mechanical 
response, it can be shown that the theoretically calculated pressure (P
T
) and axial force 
(f
T
wall) are,  
𝑃𝑇 = ∫ (𝜆𝜃
𝜕𝑊
𝜕𝜆𝜃
− 𝜆𝑟
𝜕𝑊
𝜕𝜆𝑟
)
𝑟𝑜
𝑟𝑖
𝑑𝑟
𝑟
,                   ∫ (2 (𝜆𝑧
𝜕𝑊
𝜕𝜆𝑧
) − 𝜆𝜃
𝜕𝑊
𝜕𝜆𝜃
− 𝜆𝑟
𝜕𝑊
𝜕𝜆𝑟
)
𝑟𝑜
𝑟𝑖
𝑟𝑑𝑟         (2.5) 
where ir  and or  is the vessel deformed inner and outer radius, respectively. 
The material constants (c, b1k, b2k) were determined via non-linear regression of 
measured P and fwall (MATLAB). The parameterized model was validated by comparing 
model predictions against recorded experimental data that have not been used for 
parameter identification. 
 
2.4. RESULTS 
 
Pressure-diameter and pressure-axial force curves 
Quasi-static inflation-extension tests of the primary porcine renal arteries 
generated bi-axial data describing the passive mechanical response. The pressure-outer 
deformed diameter relationships exhibited a high degree of nonlinearity at all examined 
levels of fixed axial stretch (Figure 2.4 (A)). The renal artery Peterson’s modulus (Ep) 
was calculated for each vessel at physiologic loading conditions (P = 13.33 kPa, λz = λin-
situ), with an average value of 251.3 ± 133.5 kPa. 
An increase in pressure generally caused an increase in the axial wall force at 
axial stretch ratios at or above the in situ value, although an inverse trend was exhibited 
at low pressure (Figure 2.4 (B)). Vessel bucking was induced at higher pressures when 
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the axial stretch ratio was below the in-situ value, requiring the exclusion of 
corresponding data from the mechanical testing data set. Increased axial stretch resulted 
in higher axial force at all pressures.  
 
 
Figure 2.4. Representative data for the pressure-deformed outer diameter (A) and axial 
wall force-pressure (B) relationships of the porcine primary renal artery at four levels of 
axial stretch (1.1, 1.23, 1.3 and 1.4). Data points represent mean values (n=3); error bars 
denote standard deviation. 
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Zero-stress configuration 
The zero-stress configuration of the renal artery was modeled as a circular sector 
characterized by an inner arc length, outer arc length, and wall area, with average 
dimensions of 13.4 ± 2.8 mm, 17.3 ± 2.4 mm, and 17.8 ± 0.9 mm
2
, respectively. The 
opening angle of each sector was calculated based on these measurements, with an 
average value of 84.0 ± 12.4˚. The geometrical parameters characterizing the zero-stress 
configuration are reported for each vessel in Table 2.1. 
 
Table 2.1. Geometry of stress-free configuration of porcine primary renal artery 
 
Vessel  Ri [mm] H [mm] Φ [°] Li [mm] Lo [mm] A [mm
2
] 
1 4.58 1.47 82.55 15.59 20.59 26.61 
2 4.41 1.47 105.48 11.47 15.29 19.69 
3 3.04 1.29 79.68 10.65 15.16 16.64 
4 2.99 1.21 72.52 11.21 15.76 16.34 
5 5.70 0.63 90.58 17.78 19.75 11.88 
6 3.71 0.90 73.43 13.79 17.13 13.89 
Avg. 4.07 1.16 84.04 13.41 17.28 17.84 
STD. 1.04 0.33 12.40 2.83 2.36 0.87 
 
Arterial wall composition 
The dry area fractions of elastin and collagen in the arterial wall were determined 
via histological staining and image analyses (Figure 2.5). Elastin had an area fraction of 
12.6 ± 0.05 % and was primarily concentrated in the internal elastic lamina. Collagen had 
an area fraction of 36.4 ± 0.08 %, with a relatively greater concentration in the adventitia 
as compared to the media.  
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Figure 2.5. Representative histological images of the porcine renal artery wall viewed at 
40x magnification. Elastin is black under Verhoeff-Van Gieson staining (a), while 
collagen is pink/red under picrosirius red staining (b). Quantitative image analysis based 
on hue, saturation, and luminescence thresholds was used to measure the dry mass 
fractions of total wall elastin and collagen. 
 
Parameter identification 
The parameter values for the proposed constitutive model were identified based 
on non-linear regression between experimental and theoretical P and f (Table 2.2). The 
resultant parameter values were obtained via programming of the following value 
boundary limits and initial guesses in the fitting algorithm. The identified values for all 
parameters were insensitive to the selected boundary limits and the initial guesses. The 
reported residual values were calculated as follows, and correspond to acceptable fits 
between experimental and theoretical data:  
𝑅𝑒𝑠𝑖𝑑𝑢𝑎𝑙 = {0.5 ∑ (
𝑃𝐸−𝑃𝑇
𝑃𝐸
)
2
+ 0.5𝑁𝑖=1 ∑ (
𝑓𝐸−𝑓𝑇
𝑓𝐸
)
2
𝑁
𝑖=1 }                    (2.6) 
where subscripts E and T denote experimental and theoretical values, respectively. 
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Table 2.2. Best-fit parameters from the structure-motivated model and dimensions of the 
zero-stress configuration of six porcine renal arteries. Mean and standard deviation of 
each value are listed below. 
 
Vessel c [kPa] 
b11 
[kPa] 
b12  
b21 
[kPa] 
b22  
b31 
and 
b41 
[kPa] 
b32 
and 
b42 
α1 
[deg] 
α2 
[deg] 
α3 
[deg] 
α4 
[deg] 
Residual  
1 5.1 3.0 0.5 54.7 0.9 7.0 6.9 90 0 57.7 -57.7 0.7 
2 19.4 6.7 6.2 0.5 4.6 6.1 6.9 90 0 46.4 -46.4 1.5 
3 0.5 17.6 6.6 9.1 5.5 36.0 1.9 90 0 34.8 -34.8 0.6 
4 0.5 16.0 7.9 9.7 3.6 33.6 3.0 90 0 42.2 -42.2 1.1 
5 0.5 45.5 6.2 14.6 4.6 5.6 6.3 90 0 90.0 -90.0 1.3 
6 2.7 5.0 6.2 16.0 2.6 7.7 4.3 90 0 38.1 -38.1 1.9 
Avg. 4.8 15.6 5.6 17.4 3.6 16.0 4.9 90 0 51.5 -51.5 1.2 
STD. 7.4 15.8 2.6 19.1 1.7 14.6 2.1 0 0 20.4 -20.4 0.5 
 
Model validation 
Model predictions for the pressure-diameter and force-axial stretch (Figure 2.6) 
relationships of the renal artery agreed well with experimental data over the examined 
range of mechanical behavior. Moreover, predicted mean stress versus stretch curves in 
the circumferential and axial (Figure 2.7) directions also agreed with the measured 
mechanical response.  
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Figure 2.6. Representative comparison of experimental values (data points) and 
theoretical predictions (curves) for the (A) pressure-deformed outer diameter and (B) 
wall force-axial stretch ratio relationships of the porcine renal artery. Error bars denote 
standard deviation of experimental measurements (n = 3).   
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Figure 2.7. Representative comparison of experimental values (data points) and 
theoretical predictions (curves) for the (A) mean circumferential stress-circumferential 
stretch ratio and (B) mean axial stress-axial stretch ratio relationships of the porcine renal 
artery. Error bars denote standard deviation of experimental measurements (n = 3).   
Wall stress distribution 
The model was used to predict the circumferential stress across the arterial wall 
thickness (Figure 2.8). Under loading close to physiologic conditions (λz = λin-situ, P≈100 
mmHg), the circumferential stress was maximal at the inner surface and decreased with 
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increasing radial position. The stress distribution was qualitatively reversed when λz<λin-
situ, as circumferential stress increased with radial position. 
 
 
 
Figure 2.8. (A) Representative predictions of circumferential stress throughout the arterial 
wall at the in-situ axial stretch ratio (1.23) and pressures of 9.76 kPa, 12.78 kPa, and 
16.69 kPa. (B) Representative predictions of circumferential stress distribution at fixed 
pressure (13.33 kPa) and axial stretch ratios of 1.1, 1.23, and 1.3.  In both plots, the radial 
position has been normalized such that 0 and 1 refer to the inner and outer deformed 
radii, respectively. 
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2.5 DISCUSSION 
The aim of this study was to quantify the passive mechanical response of the 
primary porcine renal artery and develop a mathematical model that facilitates calculation 
of arterial wall stresses and strains under physiologic loading. The obtained results can be 
sorted according their descriptive and predictive characteristics. The passive mechanical 
response is described in terms of the internal pressure-deformed diameter and internal 
pressure-axial force relationships at fixed arterial lengths. Moreover, data are processed 
to calculate parameters that describe a local linearized measure of the mechanical 
response, namely the pressure-diameter modulus in the neighborhood of physiologic 
loading conditions. A structure-motivated constitutive model of the renal artery was 
proposed and validated to allow solving boundary-value problems, the solutions of which 
predict arterial response and wall stress distribution under different loading scenarios.  
A majority of the generated data on the renal artery are within range of published 
results for other porcine arteries. The opening angle which characterizes the zero-stress 
configuration of the renal artery was found to be 84.0 ± 12.4˚, which is similar to values 
reported for the porcine carotid (84.7 ± 9˚) and left circumflex (75 ± 29˚) arteries [55, 59]. 
Experimental results show a nonlinearity of the pressure-deformed diameter relationship, 
which is commonly observed and attributed to the non-linear mechanical response of 
elastin and gradually increased load-bearing of collagen fibers as they straighten out at 
higher pressures. The character of the pressure-axial force response and dependence on 
axial stretch ratio are in qualitative agreement with most of the published data on large 
conduit arteries.  
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Despite the general agreement with mechanical data on functionally similar 
vessels acquired ex-vivo, the pressure-deformed diameter curve of the primary renal 
artery does not exhibit the typical convex portion over the range of low pressures. This 
novel attribute of the passive response is possibly due to the low elastin content of the 
arterial wall (12.6 ± 0.05%), which is notably less than the 19% - 53% elastin content 
reported for the porcine carotid artery [59]. Alternatively, it is possible that the collagen 
fibers in this vessel have a less wavy unloaded configuration, and thus contribute to load-
bearing even at low pressures.  
The pressure-diameter modulus of the renal artery near physiologic loading 
conditions is 251.3 ± 133.5 kPa, which is significantly greater than the value reported for 
the same vessel in-vivo (24 ± 1 kPa) [71] but similar to ex-vivo measurements of the 
porcine abdominal aorta (219 ± 17kPa) [72]. The discrepancy between Peterson’s 
modulus in-vivo and ex-vivo might be due to the contribution of vascular tone in-vivo. 
Contraction of the vascular smooth muscle reduces the deformed diameter of the vessel 
and circumferential stretch ratio, which in turn decreases the structural stiffness due to the 
non-linearity of the mechanical response.  
2.6 STUDY LIMITATIONS 
The limitations of this study are associated with the introduced assumptions. The 
variation of collagen fiber orientation is only partially accounted for by the four fiber 
constitutive model, while there is in fact a continuous distribution of fiber orientations. 
Moreover, the proposed one-layered model assumes that the arterial wall composition 
and structure are uniform in the radial direction. More detailed assessment of arterial wall 
composition and structure may impact theoretical predictions of the stress-strain 
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relationships and attribute the mechanical response to individual load-bearing 
constituents. 
Quantifying the passive mechanical properties is a requisite step to understanding 
the primary determinants of renal artery mechanical performance. Subsequent studies that 
probe the VSMC-mediated active mechanical response, the baroreceptor-mediated 
response to arterial pressure, and the endothelial-cell mediated response to shear, will 
together elucidate the renal artery mechanical response in conditions of health and 
disease. Additional histological studies could provide insight into the microstructural 
configuration of collagen within the arterial wall, and help explain the particular shape of 
the obtained pressure-deformed diameter response curves.   
2.7 CONCLUSIONS 
In both basic science and clinical research, including disease diagnosis, cellular 
signal mechanotransduction, and vascular tissue engineering, it is advantageous to 
understand the arterial mechanical response under various loading conditions and states 
of health. Accordingly, one of the major objectives of vascular biomechanics is the 
determination of the constitutive equations that describe tissue mechanical properties and 
allow formulating and solving boundary value problems with predictive power. In the 
present study, bi-axial mechanical testing coupled with structure-motivated constitutive 
modeling enabled quantification of the passive mechanical response of the primary 
porcine renal artery, including assessment of the stresses experienced by vascular cells 
within the arterial wall. Quantifying the passive mechanical response of renal arteries is a 
necessary step to understanding normal and aberrant mechanical performance, and may 
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provide insight into the genesis and progression of certain forms of renal vascular 
disease. 
2.8  STUDY TRANSITION 
 The uniform circumferential stress distribution across the primary renal arterial 
wall under physiological loading conditions exhibits function of extracellular matrix 
(ECM) to ensure optimal performance of the vascular smooth muscle cells (VSMCs). 
VSMCs contraction plays a significant role in overall mechanical behavior and 
potentially exerts contractile forces in more than one principal direction within the 
arterial wall. Being a muscular-type vessel, it is reasonable to expect that renal arteries 
manifest a more sophisticated vasomotor response compared to elastic-type conduit 
vessels. To this end, we next investigate the biaxial effects of vascular smooth muscle 
contraction on the mechanical response of primary renal artery and propose an analytical 
form accounting for contribution of biaxial VSMCs contraction to better understand the 
active stress-stretch relationships within the muscular arterial wall. 
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CHAPTER 3 
BIAXIAL VASOACTIVITY OF PRIMARY RENAL ARTERIES 
 
3.1 ABSTRACT 
This study verified the development of active circumferential and axial stresses in 
the porcine primary renal arterial wall over a range of physiological pressure when the 
vascular smooth muscle cells are stimulated to contract by analyzing the experimental 
data from the in-vitro inflation-extension test. The results obtained showed that active 
axial stress-stretch relationship was non-monotonic while active circumferential stress 
increased almost linearly with circumferential stretch ratio. The parameters associated 
with the analytical form incorporating both the axial and circumferential stretches fit 
experimental data and indicate deformed configurations where active stress is maximal 
and minimal. 
3.2 INTRODUCTION 
Renal arterial disease has increasingly gained recognition as a risk factor for 
cardiovascular morbidity and mortality. Hypertension is a major risk factor for the 
development of renovascular disease. As a typical muscular conduit artery in which the 
media is mostly occupied with vascular smooth muscle cells (VSMCs), primary renal 
arteries are capable of regulating the local blood flow through modulating VSMCs 
contractile state to restore baseline values of flow-induced shear stress imparted on the 
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endothelial cells. Moreover, it has been shown that vasoconstriction can reduce the 
transmural distribution of stress induced by the elevation of blood pressure. Despite the 
critical vasomotor function of the renal artery, few biomechanical studies have focused 
on the biaxial active stress-strain relationships of VSMCs contraction. Mechanosensitive 
VSMCs are able to tune the vessel tone via contraction concurrently mediated by flow-
induced shear stress at the endothelium, pressure-induced medial stretch, and 
baroreceptor signaling from the sympathetic nervous system [33, 35, 50, 73-76]. It was 
also deduced from biochemical studies that VSMCs contractile states are affected by 
level of neurotransmitters, hormones and paracrine [77]. In this study, we propose that 
active stresses induced by the alteration in the vascular smooth muscle tone are bi-axially 
dependent on the strains. 
Numerous biomechanical investigations have been conducted to identify and 
formulate active stress-strain relationship produced by VSMCs contraction. The 
magnitude and functional dependence of the active stresses on the strain measures were 
often postulated based on the basis of histology, biophysics of VSMC contraction [78, 
79]. Dobrin firstly suggested that the active circumferential stress was a function of 
length-tension and tension-dose relationship obtained from the isometric contraction test 
[80, 81]. These active stress-strain relationships were then investigated and fitted with 
analytical forms within the framework of continuum mechanics [82], within which 
various constitutive models were proposed to quantify the contribution of VSMCs 
contraction on the mechanical response of vascular tissues [47, 52, 83-87]. Both active 
circumferential and axial stresses were assumed to be as a function of circumferential 
stretch ratio since large portion of VSMCs are circumferentially oriented within the 
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vascular wall [88]. However, some studies showed that active axial stress was solely 
dependent on axial stretch ratio [89]. Notwithstanding great advancements of theoretical 
research in modeling active responses of VSMCs, there is still need to clarify the 
correlation of active stresses and corresponding stretch ratios.  
Experimental quantification of the active stresses is mostly assessed by processing 
the in-vitro recorded deviation in deformed outer diameter and axial force of a tubular 
arterial specimen inflated by an internal pressure at fixed axial stretch ratio [90-92]. The 
effect of VSMCs contraction on strain distribution across the vessel wall thickness was 
evaluated by measuring the opening angles of arterial sector due to various doses of 
vasoconstrictor or vasodilator, from which can be implied that alteration of VSMCs basal 
tone were able to homogenize intramural strain within the arterial wall under 
physiological loads [93]. Although extensive studies have been carried out to 
experimentally probe active vascular mechanical responses, few biomechanical 
investigations have focused on the active bi-axial mechanical behaviors of primary renal 
arteries.  
In vivo axial stretch of arterial tissue plays a key role in maintaining vessel 
structural stability via maintaining axial force independent of pulsatile blood pressure 
[94]. Some researches illustrated that the VSMCs basal tone was affected by the degree 
of longitudinal stretches [95, 96]. Despite the significant physiological function of in vivo 
axial stretch, little work has been done to quantify the effect of VSMCs basal tone on in 
vivo axial stretch. 
The aim of the present study is to experimentally assess the active stress-stretch 
relationships within the renal arterial wall and propose analytical expressions accounting 
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for biaxial VSMCs contraction. Integration of analytical forms modeling biaxial VSMCs 
contraction and structure-motivated constitutive models will facilitate formulating and 
solving boundary value problem of renovascular biomechanics.  
3.3 MATERIALS AND METHODS 
Theoretical framework  
The recorded mechanical responses were manifested as the deformed outer 
diameter (do), the measured axial force (fM) at various imposed axial stretch ratios (λz) 
within a reasonable range of luminal pressure (P). Based on the deformed outer radius (ro 
= do/2) and assumption of vessel incompressibility, the deformed inner radius (ri) is 
calculated as follows: 
𝑟𝑖 = √𝑟𝑜2 −
𝐴
𝜋𝜆𝑍
                                                                                                                (3.1) 
The arterial tissue is assumed to be an orthotropic incompressible elastic material, 
with axes of orthotropic in the radial (r), circumferential (θ) and axial (z) directions. The 
total Cauchy stress in the arterial wall is assumed as a sum of a passive stress with 
components 𝜎𝑟
𝑝
,  𝜎𝜃
𝑝, 𝜎𝑧
𝑝
 and an active stress that has components 𝜎𝜃
𝑎 𝑎𝑛𝑑 𝜎𝑧
𝑎  in the 
circumferential and axial direction. The passive stress is derived from the strain-energy 
density function (SEF) W which is a function of the principal Green strains 𝐸𝑖 =
 
1
2
(𝜆𝑖
2 − 1), 𝑖 = 𝑟, 𝜃, 𝑧 , where 𝜆𝑖  are the corresponding principal stretches. Because of 
condition of material incompressibility the components of the Green strain tensor are not 
independent but satisfy the condition (2𝐸𝑟 + 1)(2𝐸𝜃 + 1)(2𝐸𝑧 + 1) = 1 . Using this 
equation 𝐸𝑟 can be eliminated as argument of the SEF W, I.e. W = (𝐸𝜃, 𝐸𝑧). Following 
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the approach for derivation of the passive constitutive relations of the arterial tissue when 
the SMCs are stimulated to contract  
𝜎𝜃
𝑐 =  𝜎𝑟
𝑝 + 𝜆𝜃
𝜕𝑊
𝜕𝜆𝜃
+ 𝜎𝜃
𝑎 , 𝜎𝑧
𝑐 =  𝜎𝑧
𝑝 + 𝜆𝑧
𝜕𝑊
𝜕𝜆𝑧
+ 𝜎𝑧
𝑎,                                                               (3.2) 
 Due to existence of residual strains in the unloaded ring tubular segment and the 
synergistic effects of the active stress, the stress and strain distribution across the arterial 
wall is close to uniform [97]. Therefore the mean values are able to describe the stress 
and strain state. Hereafter the stresses and strains represent the mean values. 
 Consider two deformed states: one when the artery is fully relaxed (passive 
response), and another when the smooth muscle is stimulated to produce the so-called 
isometric contraction. In the latter case the artery experiences the same circumferential 
stretch and same axial  stretch as in the case of passive response but is inflated by 
different pressure. The active axial stress can be calculated by subtracting the stress in the 
arterial wall when the smooth muscle cells are maximally relaxed from the total stress 
when the smooth muscle cells are stimulated to contract under isometric contraction. 
𝜎𝜃
𝑎 =  𝜎𝜃
𝑖𝑐 −  𝜎𝜃
𝑝 − 𝜎𝑟 ,
𝑝     𝜎𝑧
𝑎 =  𝜎𝑧
𝑖𝑐 −  𝜎𝑧
𝑝 − 𝜎𝑟 ,                            
𝑝
                                            (3.3) 
The subscripts ic stands for the case of isometric contracted state. 
 The mean values of wall stresses can be calculated directly from the experimental 
data as follow [98]: 
𝜎𝑟̅̅̅ = −𝑃
𝑟𝑖
𝑟𝑜+𝑟𝑖
,          𝜎𝜃̅̅ ̅ = −𝑃
𝑟𝑖
𝑟𝑜−𝑟𝑖
,      𝜎𝑧̅̅̅ =  
𝑓
𝜋(𝑟𝑜
2−𝑟𝑖
2)
                                                  (3.4)                                                                                      
Where 𝑟𝑜 is the deformed outer radius.  
𝜎𝜃
𝑎 = 𝑟𝑖 (
1
𝑟𝑜−𝑟𝑖
+
1
𝑟𝑖+𝑟𝑜
) (𝑃𝑖𝑐 − 𝑃𝑝),           𝜎𝑧
𝑎 =
𝐹𝑖𝑐−𝐹𝑤𝑟
𝐴
+
𝑟𝑖(𝑃𝑖𝑐−𝑃𝑝)
𝑟𝑖+𝑟𝑜
                                (3.5)                                                                        
Where 𝑃𝑃  and 𝑃𝑖𝑐  refer to the pressure in the case of passive response and isometric 
contraction, respectively. 
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 On the other hand, the mean stretch ratios in the circumferential and axial 
directions are  
𝜆𝜃 =  
2𝜋(𝑟𝑜+𝑟𝑖)
𝐶𝑜+𝐶𝑖
,    𝜆𝑧 =  
𝑙
𝐿
                                                                                                (3.6)                              
l  is distance between marks in the current deformed state and L  the distance between the 
same points in the traction free state when the SMCs are fully relaxed. Thus after 
processing the experimental pressure-diameter and extension-force data in the case passive 
response and response under isometric contraction, it is possible to obtain a set of 
experimental active stress vs. principal stretches. The analytical form of the 
phenomenological constitute relations  zaa   ,  and  z
a
z
a
z   ,  are determined 
on the basis of certain general and experimental-based characteristics of the active 
response; the model parameters  involved in these relations are quantified to yield the best 
fit predictions of experimental stress given by Eqs. ( ) from the condition of  minimization 
of the objective functions 
2
1
(exp)
(exp))(







 

N
n n
a
ateora





   , z,                                                                    (3.7) 
where  n=1,2,….N is the number of the experimental states. 
The passive constitutive modeling follows the slightly modified commonly 
accepted methodology for quantification of strain energy function W  on the basis of  
experimental data from inflation-extension mechanical tests [99]. We adopted a previously 
proposed four fiber model for the passive mechanical properties according which the strain 
energy function is sought in the form 
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IcW                                                             (3.8) 
The first term accounts for contribution of the elastin. c is a material constant, and 
222
1 )(
 zzI    is the first invariant of the Cauchy-Green strain tensor. The second 
term includes the contribution of four families of collagen fibers. Subscript k denotes a 
family of collagen fibers oriented at a mean angle of ɑk with respect to the longitudinal 
vessel axis; b1k, and b2k are material constants; and kzkk  
2222 cossin   is the 
stretch ratio of each family of collagen fibers due to deformation.  The material constants c, 
b1k, b2k are determined by the minimization of the following objective function  
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The superscript E and T refer to the experimentally recorded and theoretically calculated 
values of the circumferential and axial stresses as follows 
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Mechanical testing  
In our study, experimental protocol of quantifying the active axial stress in mouse 
aorta was followed with slight modifications [89]. 5 sets of primary renal arteries were 
excised from freshly harvested adult porcine (7 month old) kidneys. Preliminary studies 
quantifying the effect of VSMCs basal tone on the in situ axial stretch had been done 
prior to mechanical testing. Before dissecting the arteries between aorta and kidneys, two 
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dots of tissue marking dye were applied between proximal and distal sites of the sample 
and distance between these dots was measured using digital caliper. Samples were then 
removed from the organs and the unloaded length with VSMCs basal tone was measured. 
Afterwards, it was placed on the petri dish filled with 10
-5
 M sodium nitroprusside diluted 
with Krebs-Heisenleit solution and equilibrated for 30 min, distance between dots was 
measured again to get fully-relaxed un-loaded length. In-situ axial stretch ratio was 
calculated as the ratio of in-situ length to un-loaded length of sample (λin,situ= Lin-situ/Lno 
load).  
Once primary renal arteries were harvested and rinsed with phosphate buffer 
solution (PBS), they were then cannulated and mounted to a chambered mechanical 
testing system configured for inflation-extension experiments (Bose BioDynamic 5270). 
Arterial samples were submerged in and perfused with continuously aerated (95% O2 + 
5%CO2) Krebs-Henseleit solution at 37° and pH of 7.4. The active mechanical response 
was assessed under maximal VSMC contractile state which was induced by adding to the 
circulating medium with 10
-5
 M epinephrine and allowed the artery to acclimate for 15 
min. Following stimulation, arterial samples were mechanically preconditioned at an 
axial stretch ratio of 1.1 with 5 cycles of pressurization (pressure range of 20-200 mmHg, 
pressure change rate of 1.5 mmHg/s). Samples were then subjected to a quasi-static 
pressure increase (20 – 200 mmHg, 20 mmHg steps) at three levels of axial stretch span 
λin,situ with the vessel outer diameter and axial force monitored at each experimental state 
via integrated system components and software (Wintest and Labview). The passive 
mechanical response was assessed under a fully relaxed VSMCs state by changing the 
circulating medium from 10
-5
 M epinephrine to 10
-5
 M sodium nitroprusside (SNP) 
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solution and acclimated for 15 min. Vessels in the fully relaxed VSMCs state were 
mechanically preconditioned and subjected to extension-inflation tests as described above.  
 Upon the completion of mechanical testing, ring segments (1 mm width) were cut 
from the central part of each artery, allowing equilibration for 30 min in Krebs-Henseleit 
solution. The opened-up sector was quantified via analytical microscopy and considered 
as the stress-free configuration of the arterial wall. 
The inner (Li) and outer (Lo) arc lengths as well as thicknesses (H) of sectors from 
each arterial sample were measured and used to calculate the opening angle (Φo) and 
cross-sectional area (A) of the circular sector as follows: 
𝛷𝑜 = 𝜋 −
𝐿𝑜−𝐿𝑖
2𝐻
          and                              𝐴 =  
𝐻(𝐿𝑜+𝐿𝑖)
2
                                                     (3.3) 
 
3.4 RESULTS  
Morphometric measurements of the porcine primary renal arteries in the stress-
free configuration obtained via image analysis are shown in Table 3.1. The average 
values obtained among five vessels for inner Li and outer Lo arc lengths as well as the 
thickness were 10.63 ± 1.8 mm, 15.17 ± 2.96 mm, and 1.13 ± 0.14 mm, respectively. 
Opening angle of each idealized sector was calculated based on these measurements. 
Calculated values of opening angle for all the samples were 66.32 ± 23.7˚. Preliminary 
studies showed that the in situ axial stretch in the VSMCs fully relaxed state decreased by 
5% compared to that of the artery with VSMCs basal tone. 
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Table 3.1. The vessel geometry in the stress-free configuration for each arterial test 
segment. Li, Lo, H, Φ are the outer arc length, inner arc length, opening angle, wall 
thickness, respectively. 
Sample 
Outer arc-length(Lo) 
 [mm] 
Inner arc-length(Li) 
 [mm] 
Thickness(H)  
[mm] 
λ
z, in-situ
 
1 15.53 11.44 0.98 1.23 
2 11.33 7.68 1.17 1.20 
3 14.64 11.04 1.09 1.30 
4 19.60 12.49 1.36 1.46 
5 14.72 10.49 1.07 1.32 
Average 15.17 10.63 1.13 1.30 
SD 2.96 1.80 0.14 0.10 
 
Representative pressure – deformed outer diameter and axial force-pressure 
relationships span the in situ axial stretch ratio in both the fully relaxed and maximally 
contracted VSMCs states of the primary renal artery exhibit high degree of nonlinearity 
(Figure 3.1). Peterson’s modulus which is a reasonable measure of arterial stiffness (Ep) 
was calculated for each vessel at physiological loading conditions (P = 13.33 kPa, λz = 
λin-situ), using equations as follows: 
𝐸𝑃 =  
𝐷△𝑃
△𝐷
                                                                                                                      (3.4) 
Obtained results showed that average values of elastic moduli of arterial wall 
under both the maximally contracted and fully relaxed VSMCs were 192.64 ± 15.26 kPa 
and 249.13 ± 152.26 kPa. At pressure of 100 mmHg, there was significant reduction in 
deformed outer diameter of primary renal artery when VSMCs were maximally 
contracted compared with that when VSMCs were fully relaxed at various axial stretches. 
Conversely, maximally contracted VSMCs resulted in an increase in axial force of 
primary renal artery versus that when VSMCs were fully relaxed (Figure 3.2). 
  
 
4
2
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
Figure 3.1. Representative pressure-deformed outer diameter and axial wall force-pressure relationships of the porcine primary renal 
artery at three levels of axial stretch (λz = 1.2, 1.3, or 1.4) and at either maximally contracted (•) or fully relaxed (◦) smooth muscle 
states. Error bars denote standard deviation of three repeat measurements at each experimental state.  
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Figure 3.2. Representative deformed outer diameter-axial stretch and axial wall force-
axial stretch relationships of the porcine primary renal artery at three levels of axial 
stretch (λz = 1.2, 1.3, or 1.4) and at either maximally contracted (•) or fully relaxed (◦) 
smooth muscle cells states. Error bars denote standard deviation of three repeat 
measurements at each experimental state. 
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Figure 3.3. Representative comparison of experimental values and theoretical predictions 
of circumferential stress-circumferential stretch (A), axial stress-circumferential stretch 
(B), circumferential stress-axial stretch (C) and axial stress-axial stretch (D) relationships 
of the porcine primary renal artery at either maximally contracted (•) or fully relaxed (◦) 
smooth muscle cells states. Error bars denote standard deviation of three repeat 
measurements at each experimental state. Blue circle represent the physiological states. 
At the in situ axial stretch ratio, total circumferential stress - circumferential 
stretch curve of primary renal artery shifted leftwards while total axial stress – 
circumferential stretch curve shifted upwards when VSMCs were maximally contracted. 
Meanwhile, at the same circumferential stretch ratio, maximally contracted VSMCs 
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resulted in increase in total circumferential and axial stresses of primary renal artery at 
various axial stretch ratios (Figure 3.3). Active circumferential and axial stresses were 
derived after having processed all experimental data. The active axial stress – stretch 
displays a non-monotonic relationship while active circumferential stress increased 
linearly with circumferential stretch ratio (Figure 3.4). Numerical surface fitting 
algorithm was used to identify the following analytical expressions for the derived active 
stresses as a function of stretch ratios  
𝜎𝜃
𝑎 = 𝛼1(𝛼2𝜆𝑧 − 1) 𝜆𝜃 [1 − (
𝜆𝜃,𝑚𝑎𝑥−𝜆𝜃
𝜆𝜃,𝑚𝑎𝑥−𝜆𝜃,0
)
2
]                                                               (3.5) 
𝜎𝑧
𝑎 = 𝛽1(𝛽2𝜆𝜃 − 1) 𝜆𝑧 [1 − (
𝜆𝑧,𝑚𝑎𝑥−𝜆𝑧
𝜆𝑧,𝑚𝑎𝑥−𝜆𝑧,0
)
2
]                                                                                      (3.6) 
where λθ,max and λz,max  are the stretch ratios at which the active circumferential and axial 
stresses are maximal; λθ,0 and λz,0  are the stretch ratios below which no active stresses are 
developed; α1, α2, β1 and β2 are material constants.  Experimentally derived active stress-
stretch data was fitted with parameters α1 = 308 kPa, β1 = 235.4 kPa, λθ,max = 1.98 and 
λz,max = 1.32, λθ,0 = 1.08 and λz,0 = 1.15. The proposed analytical expressions for active 
stresses correlate well with experimental data of the active response (Table 3.2 and 
Figure 3.4).  
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Figure 3.4. Representative comparison of experimental values (data points) and 
theoretical predictions (curves) for both the active circumferential (A) and axial (B) 
stress-stretch ratio of the porcine renal artery 
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Table 3.2. Parameters of the proposed analytical expression fitting the active 
circumferential and axial stresses of the porcine primary renal artery. 
 
Sample α1 [kPa] α2 λθ,max λθ,0 R
2 β1 [kPa] β2 λz,max λz,0 R
2 
1 
295 0.95 1.56 0.68 0.99 98.00 2.10 1.27 1.10 0.98 
2 
295 0.99 1.42 0.97 0.79 175.50 1.14 1.26 1.08 0.99 
3 
308 1.04 1.98 1.08 0.92 235.40 1.15 1.32 1.15 0.99 
4 
295 0.83 1.61 0.67 0.86 42.75 2.10 1.46 1.33 0.93 
5 
298 0.83 1.25 1.08 0.76 80.10 1.40 1.34 1.28 0.98 
Average 
298.24 0.93 1.56 0.90 0.86 126.35 1.58 1.33 1.19 0.97 
SD 
5.72 0.09 0.27 0.21 0.09 77.84 0.49 0.08 0.11 0.02 
 
3.5 DISCUSSION 
The aim of this study was to quantify the active mechanical response of the 
primary porcine renal artery and develop an analytical expression that is able to model 
the derived biaxial active stress-stretch relationships. The mechanical response of 
primary renal arteries is expressed in terms of the deformed outer diameter-internal 
pressure and axial force-internal pressure relationships at multiple longitudinal extensions. 
There was a significant decrease in the deformed outer diameter over the entire 
measurement range when VSMCs were maximally contracted when the axial stretch < 
λin-situ. For the axial force-pressure relationship, the axial force increased significantly 
from 0 to 200 mmHg under maximal VSMCs contraction when the axial stretch < λin-situ. 
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The characteristics of pressure-deformed outer diameter and axial force-pressure 
response both in maximally contracted and fully relaxed VSMCs states are in agreement 
with other published data on large muscular arteries [91, 100]. The deformed outer 
diameter of the vessel at certain pressure was reduced due to the exerted contractile 
forces of the vascular smooth muscle cells, which in advance increase the structural 
stiffness because of the nonlinear mechanical responses of the vessel by comparing the 
elastic moduli between maximally contracted and fully relaxed VSMCs. Contractile 
states affect arterial stiffness which manifested as a factor of progression of chronic 
kidney disease and end-stage renal disease [101].  
The dependence of the active stresses on both circumferential and axial stretches 
might have several plausible explanations. VSMCs could be axially-, circumferentially- 
and/or helically-oriented within the arterial wall. It is possible that the contraction of the 
vascular smooth muscle cells causes a reorientation of the collagen fibers, such that the 
axial and circumferential stress borne by the extracellular matrix in the contracted and 
relaxed vessel are different [89]. It was shown that axial active mechanical response was 
attributed to the multi-axial VSM contraction and arrangement [102]. Detailed 
histological evaluation of the primary renal arterial wall under applied loads would 
provide further insight into the factors that mediate the active response.  
Due to incompressibility of arterial wall, arterial longitudinal length was 
shortened as VSMCs mostly aligning in the circumferential direction relaxed and 
expanded. Therefore, the in situ axial stretch was increased in the fully-relaxed VSMCs 
state compared to that of VSMCs basal tone.  Moreover, parameters fitted into the 
analytical form for deriving active stresses showed that the sensitivity of VSMCs 
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contractility varied with degree of extension. This assumption was indirectly supported 
by the findings that VSMCs contractility of cerebral arteries was pretty sensitive to its 
axial stretch [95]. There is a need to further quantify the axial mechanochemical response 
of the arterial tissues.  
The degree of VSMCs contractile states was proposed to be highly associated 
with the early response of vascular remodeling induced by abnormal alteration in 
hemodynamic loads, aiming to restore the baseline values of intramural stresses [44, 47, 
82, 87]. Perturbation of local stresses and strains may alter the cell phenotype, triggering 
a chain of events such as cell proliferation, migration, apoptosis or necrosis as well as 
synthesize and degradation of extracellular matrix. Given the attribution of maladaptive 
remodeling to CVD, it is important to comprehend the fundamental mechanism of arterial 
mechanotransduction in critical vasculature system [68-70]. 
3.6 STUDY LIMITATIONS 
The level of VSMCs activation is only partially accounted for by circumferential 
and axial stretch ratios at VSMCs maximally contractile states while in actuality there is 
sigmoidal relationship between smooth muscle activation and agonist concentration [88]. 
Therefore, future experimental studies of renal artery should take dose response effect 
into account. Secondly, the proposed analytical forms did not incorporate the mass 
fraction of structural constituents within the arterial wall. There is further need to 
construct structure-based analytical forms incorporating morphological quantification of 
arterial wall.  
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3.7 CONCLUSIONS 
In conclusion, biomechanical response of porcine primary renal artery accounting 
for VSMCs contractile states was probed by biaxial mechanical testing. The derived 
active circumferential and axial stresses were fitted with proposed analytical expressions. 
The results revealed that active circumferential stress monotonically increased with 
circumferential stretch while active axial stress-strain relationship is non-monotonic. The 
proposed analytical expressions coupled with structure-based constitutive models is a 
requisite step for modeling the growth and remodeling of vascular tissues, facilitating 
formulating and solving specific boundary value problems of vascular maladaptation.  
3.8 STUDY TRANSITION 
The integrated theoretical-experimental study of passive and active mechanical 
behaviors of porcine primary renal artery provides significant mechanical information for 
cardiovascular mechanobiology. The common surgical procedures for treating 
cardiovascular disease are implantation of autologous coronary artery vascular grafts. To 
this end, we next characterize the passive mechanical behaviors of various candidates for 
coronary artery end-to-end grafts using established experimental methodology and 
theoretical modeling, evaluating their suitability for coronary artery grafts. 
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CHAPTER 4 
MECHANICAL ANALYSIS OF AUTOLOGOUS CORONARY ARTERY 
GRAFTS 
4.1 ABSTRACT 
This study provided a methodology to evaluate the mechanical equivalency of 
various autologous vascular grafts for an end-to-end anastomosis to a coronary artery. 
Passive mechanical response of porcine coronary artery, internal thoracic artery, radial 
artery, great and lateral saphenous veins were quantified via inflation-extension tests 
which probes pressure-diameter and axial force-pressure relationships at various degree 
of longitudinal extension. Experimental data were then used to parameterize and validate 
a structure-motivated constitutive model of the vascular wall. The normalized difference 
in structural and mechanical properties between the host artery and graft vessel were 
compared. Taken together, experimental and theoretical comparisons in the structural and 
mechanical properties of various graft vessels will provide a framework to select a 
mechanics-matched end-to-end autologous coronary artery graft. 
 
4.2 INTRODUCTION 
Implantation of autologous vascular grafts is one of the surgical procedures for 
myocardial and peripheral revascularization [103, 104]. 395,000 coronary artery (CA) 
grafting surgeries were performed in 2013, an operation for treating obstructive coronary 
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disease in which autologous tissue source is used to bypass or replace compromised 
segment [105]. Saphenous vein graft (SVG) with advantage of similar size and ease of 
access was firstly and is still used for myocardial reconstruction. Significant 
disadvantages of SVG are its late degeneration manifested as diffuse intimal thickening 
as well as redundant circulation and high failure rates [18]. Internal thoracic arteries (ITA) 
with lower postoperative occlusion rates are proven to have long-term clinical superiority 
over SVG [15, 16, 106-108]. With the introduction of antispastic drugs, the use of radial 
artery (RA) as an alternative conduit with good early and intermediate-term outcomes has 
dramatically increased during the last decade [14, 18, 109-112].  
Morphological and microstructural properties of autologous vascular grafts are 
quite different from that of coronary artery, accounting for the differences in the success 
rates. The ITA was observed with elastomuscular microstructure in which a transition of 
elasticity within the media exists from proximal to distal segments, whereas SVG is long 
large-caliber peripheral vein of which inner media and adventitia are comprised of 
distinct longitudinal bundle of smooth muscle cells [108, 113]. RA as a muscular 
medium-size artery with large portion of smooth muscle cells reside in the media does 
not behave like elastic large artery [112, 114, 115]. There is clear correlation between 
microstructure and mechanical behavior of vascular grafts. However, little attention has 
been accorded the individual mechanical contribution of structural components to the 
macroscopic mechanical response of various vascular grafts. 
Although extraordinary progress in vascular grafting strategies was made in the 
last few decades, graft failure remains a major problem in clinical medicine. The 
underlying causes of vascular graft failure include early proximal intimal hyperplasia and 
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subsequent atherosclerosis which restrict the lumen size and impede the blood flow [14, 
109, 110, 116-120]. Compliance incongruities in terms of discrepancy of the 
circumferential pulsatile deformation between the graft and host artery is considered as 
one of the underlying causes of graft failure. For a cylindrical tube inflated by an internal 
pressure, compliance is a measure of overall mechanical response of tube by associating 
the normalized increase in tube diameter with the increase in pressure within a 
physiological range. An inverse proportional relationship between graft patency and 
compliance mismatch was reported in previous work [121-123]. Mechanical constraints 
on the deformation of the host artery and graft at the anastomotic sites may alter their 
inner radii and correspondingly change the blood flow pattern, leading to abnormal low 
wall shear stress on the endothelial cells [124-126]. Meanwhile, the degree of 
longitudinal extension of graft may affect its mechanical performance as well as that of 
the attached target artery [127]. Therefore, it is necessary to comprehend the impact of 
orthogonal compatibility of grafted vessel. 
When vascular conduit is grafted under the new hemodynamic conditions, its 
local mechanical environment at the anastomosis is disturbed. The deviation between its 
homeostatic and grafted stress states may trigger adaptive remodeling in terms of smooth 
muscle cell proliferation and synthesis of extracellular matrix. These events alter vascular 
wall thickness and lumen diameter so as to restore the baseline values of mean 
circumferential and shear stresses and in turn create a thermodynamically stenosis or 
occlusion [50, 121, 128-136]. Quantification of stress distribution of grafts under various 
hemodynamic loads is important for us to understand mechanism of mechanotransduction 
and etiology of failure.  
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In the present work we investigated the mechanical properties of the CA, RA, 
ITA and great saphenous vein (GSV) and lateral saphenous vein (LSV) via biaxial 
mechanical testing and structure-motivated constitutive modeling. We assessed and 
compared the averaged vascular wall stresses, compliance and deformed inner radii 
between candidate of graft vessels and CA under grafted loading conditions. Results from 
this study will serve as a basis for optimal selection of end-to-end coronary artery graft. 
4.3 MATERIALS AND METHODS 
Native Vessel procurement 
All tissue handling protocols were approved by the Institutional Animal Care and 
Use Committee at the University of South Carolina. Porcine heart, leg and arm were 
purchased from a local slaughterhouse immediately after sacrifice of adult animals (60-70 
kg) and stored in ice for transport to the laboratory. Upon organs arrival, CA, SV, RA and 
ITA were excised from the surrounding tissue, washed in phosphate buffered saline 
(PBS), dissected free of perivascular tissue, and the branches were ligated with suture 
under dissection microscope in 4°C PBS (physiological buffer solution).  
Samples were then cannulated for mechanical testing. These segments harvested 
from the same pig were studied in parallel. Samples were secured within a chambered 
vascular testing system (Bose BioDynamic 5270) via 4-0 sterile suture. The testing 
chamber was filled with phosphate buffered saline solution and maintained at 37 °C.  
Mechanical testing 
 The original unloaded outer diameter and axial length of the mounted sample 
(zero pressure and zero axial force) were measured using caliber and custom LabView 
software, with each measurement repeated for verification. For a 15 min of acclimation at 
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a luminal pressure of 80 mmHg and in vivo axial stretch obtained from pilot studies, the 
specimen was preconditioned via a 5 cycles of pressurization from 0 to 200 mmHg at 
~1.3 mmHg/s to exclude the excessive hysteresis. Biaxial data were then collected during 
cyclic pressurization tests in 20 mmHg steps from 0 to 200 mmHg at the same rate and 
mean in vivo stretch as well as at 10% above and below this stretch. 
Zero-stress configuration  
It is well documented that stress-free configuration which manifested as a sector 
obtained from making a radial cut on an unloaded ring segment is used to quantify the 
strain. The opening angle which bisect the sector is an indicator of the residual stress 
existed in the ring segment. 3 measurements around the circumference of each sector 
were averaged to yield mean values for each specimen. 
Histology 
Following mechanical testing, multiple ring samples from each test segment were 
paraffin-embedded and processed with Verhoeff-Masson’s combination staining 
protocols. Histological slides were then analyzed using light microscopy and estimated 
the area fractions of elastin and collagen within each segment. Average values were 
recorded for each vessel and expressed as a percentage of total vessel dry mass.  
Constitutive framework  
 We employed a ‘’four fiber family’’ structure-motivated constitutive model to 
quantify the measured passive biaxial mechanical behaviors. 
𝑊(𝐶, 𝑀𝑖) =
𝑐
2
 (𝐼𝑐 − 3) + ∑
𝑏1
𝑘
2𝑏2
𝑘 {𝑒𝑥𝑝[𝑏2
𝑘(𝐼4
2 − 1)2] − 1}𝑘=1,2,3,4                                   (4.1) 
Where c, 𝑏1
𝑘 are material parameters with units of stress and 𝑏2
𝑘 are dimensionless, 
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 Ic = trC = 𝜆𝑟
2 + 𝜆𝜃
2 + 𝜆𝑧
2   is the first invariant of the right Cauchy-Green tensor, and 
𝐼4
2 =  𝐌𝑖 ∙ 𝐂𝐌𝑖 is the square of the stretch of the ith collagen fiber family. Collagen fiber 
orientations are defined in the reference configuration by unit vector 𝐌𝑖, which depends 
on the fiber angles 𝛼𝑖  defined between fiber and axial directions. So the axial and 
circumferential fibers were defined at 𝛼1 = 0°  and 𝛼2 = 90° , respectively, while 
symmetrically oriented diagonal fibers were defined via a single parameter, 𝛼3 =  −𝛼4  
= 𝛼 . 
𝐼4 =  𝜆𝑍
2 𝑐𝑜𝑠2𝛼 + 𝜆𝜃
2 𝑠𝑖𝑛2𝛼 ,                                                                                       (4.2) 
These two diagonal collagen fiber family are approximately mechanically equivalent, so 
𝑏1
3 =  𝑏1
4,  𝑏2
3 =  𝑏2
4. This model requires estimation of 8 unknown parameters 
(c, 𝑏1
1, 𝑏2
1, 𝑏2
1, 𝑏2
2, 𝑏1
3, 𝑏1
4, 𝛼  ) that characterize the passive mechanical behavior. Best-fit 
values of unknown parameters were determined using a nonlinear least square 
minimization of the error Ω between theoretically predicted and experimentally inferred 
applied loads, namely  
𝛺 =  ∑ [(
𝑃𝑛
𝑇−𝑃𝑛
𝐸
𝑃𝑛
𝐸 )
2
+ (
𝐹𝑛
𝑇−𝐹𝑛
𝐸
𝐹𝑛
𝐸 )
2
]𝑁𝑛=1                                                                               (4.3) 
Where N is the total number of data points. The error Ω was minimized using the built-in 
function lsqnonlin in MATLAB, physical constraints were imposed so that c, 𝑏1
𝑘 , 𝑏2
𝑘  ≥
0 and 0 ≤ αo ≤ π/2. 
In order to evaluate functional equivalency between the graft and host artery 
under grafted loading conditions with equal pressure and axial stretch ratio, criteria was 
proposed yielding the following system of equations: 
𝛺𝑠 =
2|𝜎𝜃
∗ −𝜎𝜃
𝑔
|
(𝜎𝜃
∗ +𝜎
𝜃
𝑔
)
+
2|𝜎𝑧
∗−𝜎𝑧
𝑔
|
(𝜎𝑧
∗+𝜎𝑧
𝑔
)
                                                                                                                                (4.4) 
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𝛺𝑐 =
2|𝐶
𝑔
−𝐶ℎ |
(𝐶
𝑔
+𝐶ℎ )
                                                                                                                  (4.5) 
𝛺𝑟𝑖 =
2|𝑟𝑖
𝑔
−𝑟𝑖
ℎ|
(𝑟
𝑖
𝑔
+𝑟𝑖
ℎ)
                                                                                                                  (4.6) 
𝛺 =  
2|𝜎𝜃
∗ −𝜎𝜃
𝑔
|
(𝜎𝜃
∗ +𝜎
𝜃
𝑔
)
+
2|𝜎𝑧
∗−𝜎𝑧
𝑔
|
(𝜎𝑧
∗+𝜎𝑧
𝑔
)
+
2|𝐶
𝑔
−𝐶ℎ |
(𝐶
𝑔
+𝐶ℎ )
+
2|𝑟𝑖
𝑔
−𝑟𝑖
ℎ|
(𝑟
𝑖
𝑔
+𝑟𝑖
ℎ)
                                                               (4.7) 
𝜎𝜃
∗ (𝜎𝑧
∗ ) is mean circumferential (axial) stress of graft under its own homeostatic state, 𝜎𝜃
𝑔(𝜎𝑧
𝑔
) is 
mean circumferential (axial) stress of graft under physiological mechanical states of host artery 
(coronary artery). 𝐶𝑔  is the compliance of graft under physiological mechanical states of 
host artery (coronary artery), 𝐶ℎ  is compliance of host artery (coronary artery) under 
physiological mechanical states. 𝑟𝑖
𝑔
 is the inner radius of graft under mechanical states of 
host artery (coronary artery), 𝑟𝑖
ℎ  is inner radius of host artery (coronary artery) under 
physiological mechanical states. 
Statistical analysis 
 All data are expressed as mean ± STD unless otherwise specified. Statistical 
significance was evaluated by using student t-test for unpaired values. For the overall 
study, values were considered statistically significant at p < 0.05. 
4.4 Results  
Mechanical response of tested specimens 
Pressure – deformed outer diameter relationships of the porcine CA, ITA, RA, 
GSV and LSV revealed a high degree of nonlinearity at in situ axial stretch (Figure 
4.1(A)). CA was highly distensible up to the pressure range of 20-60 mmHg, after which 
it became extremely stiff; whereas other graft vessels were less distensible than CA at 
low pressures but remained relatively distensible even up to 200 mmHg. In baseline 
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conditions, the outer diameter of the ITA was larger than that of RA and GSV was larger 
than that of LSV. Force measurements taken during P-d tests indicated that the axial wall 
force increased with increasing axial stretch (Figure 4.1 (B)). Although the range of axial 
stretch ratios used for testing was different for various vessels, there were stretch ratios 
that overlapped in all groups.  For each vessel tested, there was an in situ axial stretch 
ratio at which the force remains nearly constant with increased pressure. Compliances of 
various blood vessels were calculated at various pressures, showing that the blood vessel 
became less compliant with increasing pressure (Figure 4.1 (C)). 
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Figure 4.1. Representative plots of pressure-diameter (A), axial force-axial stretch (B) 
and compliance-pressure (C) relationships for CA, ITA, RA, GSV and LSV. Compliance 
calculated at 20 mmHg at the grafted axial stretch ratio. 
 
Zero-stress configuration 
The zero-stress configuration of the tested specimens was modeled as a circular 
sector characterized by an inner arc length, outer arc length, and wall thickness. The 
opening angle of each sector was calculated based on these measurements. The 
geometrical parameters characterizing the zero-stress configuration of the tested samples 
were reported in Table 4.1. It showed that outer and inner arc lengths of ITA were greater 
than that of RA. However, Thickness of RA was greater than that of ITA and LSV. No 
statistical difference in opening angle among these blood vessels was observed. 
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Table 4.1. Vessel geometry of stress-free configuration. 
 
Sample 
Outer arc-length(Lo) 
 [mm] 
Inner arc-length(Li) 
 [mm] 
Opening angle(OA) 
 [◦] 
Thickness(H)  
[mm] 
CA 13.77 ± 1.53 10.43 ± 1.45  70.14 ± 12.46  0.88 ± 0.11  
RA 8.70 ± 1.63  4.65 ±  1.21  45.24 ±  26.42  0.87 ± 0.06 
ITA 13.38 ±  0.9 10.82 ± 0.86  44.89 ± 18.22  0.55 ± 0.06 
GSV 9.84 ± 2.32 6.06 ± 1.74  51.51 ± 25.03  0.84 ± 0.05 
LSV 12.00 ± 4.26 8.65 ± 4.35  67.81 ± 22.18 0.87 ± 0.15 
 
Histology  
 From histological studies, it was shown that the media of CA and ITA contained 
high content, distinct lamellae of straight and wavy elastin, within which the wavy 
collagen and smooth muscles were aligned circumferentially, permitting further extension 
of the arterial wall. The media in the SV and RA were mostly comprised of highly 
circumferentially oriented smooth muscle with very little elastin. Some bundles of 
straight and circumferentially oriented smooth muscle were observed in the middle of 
media of LSV (Figure 4.2). 
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Figure 4.2. Histology of (A) CA, (B) ITA, (C) RA, (D) GSV and (E)  LSV. 
Parameter identification 
The full range of mechanical behaviors in examined blood vessels was captured 
via proposed four-fiber constitutive model. Vascular tissue was modeled as anisotropic 
material with axial, circumferential and diagonal fibers embedded in an isotropic 
amorphous matrix. b represents the mechanical contribution of isotropic portion while b1
k
 
and b2
k
 represent that of anisotropic fibers. The lower and upper limits of the parameters 
were prescribed as b and 𝑏1
𝑘 Є [0, 105], 𝑏2
𝑘 Є [0.1, 8], and α Є [0°, 90°]. The values of 
error indicated reasonably good fits to experimental data. Results from parameter 
estimation showed ITA had significant higher𝑏1
1 than other vessels, indicating larger 
mechanical contribution from circumferential oriented collagen fiber family. There was 
significant difference in exponential term 𝑏2
1  between ITA and LSV as well as between 
GSV and LSV implying different mechanical contribution of axially aligned collagen 
fibers. Meanwhile, a statistical difference was observed in 𝑏3
1  between radial artery and 
LSV, which represents the mechanical contribution of the diagonally oriented collagen 
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fibers (Table 4.2). Obtained parameters were then used to calculate circumferential stress 
distribution across the vessel wall under various pressures. It showed that under same 
biaxial mechanical loads, the level of circumferential stress distribution of ITA was most 
similar to that of CA and significant higher than other blood vessels (Figure 4.3). 
 
 
Figure 4.3. Circumferential stress distribution across the vessel wall of (A) CA, (B) ITA, 
(C) RA, (D) GSV and (E) LSV under physiological loading conditions of coronary artery.  
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Table 4.2. Material parameters for CA, ITA, RA, GSV and LSV obtained for a four-fiber constitutive model. 
 
Sample b
0
 [kPa] b11 [kPa] b12 b21 [kPa] b22 b31 [kPa] b32 α [°] Residual 
CA 3.5 ± 2.8  18.7 ± 12.7  1.8 ± 2.9 1.96 ± 1.88 3.15 ± 2.08  7.51 ± 10.77 3.98 ± 1.4 40.49 ± 10.01 0.73 ± 0.34 
RA 5.2 ± 8.2 7.9 ± 11.3 0.6 ± 0.78 17.79 ± 10.84  4.19 ± 2.02 17.81 ± 27.61 3.73 ± 2.82 35.25 ± 4.98 0.52 ± 0.12 
ITA 17.5 ±16.9 17.2 ± 5.7 0.34 ± 0.1 4.52 ± 3.7 3.38 ± 2.42 22.69 ± 30.59  4.05 ± 2.26 34.13 ± 13.22 0.52 ± 0.15 
GSV 4.4 ± 5.85 6.9 ± 4.98 1.75 ± 2.9 14.01 ± 10.57 3.93 ± 3.16 24.35 ± 33.62 4.46 ± 2.55 37.68 ± 14.34 0.74 ± 0.23 
LSV 5.5 ± 8.25 4.7 ± 4.03 0.63 ± 0.6 0.91 ± 1.31 2.83 ± 3.09 2.62 ± 3.23 4.02 ± 2.97 41.94 ± 14.91 0.43 ± 0.23 
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Structural properties of various blood vessels under grafted loading conditions 
were shown in Table 4.3, demonstrating significant lower compliance of RA than other 
vessels. The overall normalized comparison in the mechanical and structural properties 
between graft and host artery were shown in 4.4 (A). Averaged circumferential and axial 
stresses of various vascular wall under homeostatic and grafted mechanical states were 
calculated and their difference were normalized as shown in Figure 4.4 (B) and Table 4.4. 
Normalized comparison in compliance between the graft and host artery under grafted 
loading conditions were shown in Figure 4.4 (C).  Normalized comparison in inner radius 
between the graft and host artery under grafted loading conditions were shown in Figure 
4.4 (D).  
Table 4.3. Vessel structural properties at representative graft loading conditions (λz = 1.2, 
P = 100 mmHg) 
 Vessel Deformed inner radius [mm] Compliance [m2 kPa × 10-4] 
CA 2.3 ± 0.34 3.49 ± 1.39 
ITA 2.01 ± 0.14 4.1 ± 1.4 
RA 0.94 ± 0.12  0.7 ± 0.3 
GSV 1.07 ± 0.23 1.3 ± 0.3 
LSV 2.05 ± 0.74 2.3 ± 0.6 
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Table 4.4. Vessel mechanical properties at homeostatic and graft loading conditions 
Homeostatic conditions 
Grafted conditions 
λ
z 
 = 1.2, P = 100 mmHg Remodeling stimulus 
Vessel  P
*
 
[mmHg] 
λ
z
*
 
<σ
θ 
*
> 
 
[kPa] 
<σ
z 
*
 
> 
 
[kPa] 
<σ
θ 
G
> 
 
[kPa] 
<σ
z 
G
> 
 
[kPa] 
|𝝈𝜽
𝑮 − 𝝈𝜽
∗ | |𝝈𝒛
𝑮 − 𝝈𝒛
∗| 
ITA 100 1.2 ± 0.1 70.92 ± 17.5 73.81 ± 17.42 68 ± 12.84 57.45 ± 30.3 2.92 ± 5.82  16.36 ± 29.06 
RA 80 1.17 ± 0.1 13.06 ± 3 84.97 ± 96.11 20.54 ± 3.54 101.44 ± 52.4 7.73 ± 5.19 87.29 ± 74.12 
GSV 20 1.22 ± 0.1 3.09 ± 1.01 72.57 ± 109.1 20.6 ± 2.8 89.39 ± 119.5 15.29 ± 6.34 98.94 ± 116.6 
LSV 20 1.34 ± 0.2 6.89 ± 3.66 30.42 ± 22.44 48.96 ± 16.3 24.57 ± 20.7 34.9 ± 18.5 31.63 ± 19.03 
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Figure 4.4. Comparison of normalized difference in comprehensive mechanical 
properties (A), in stresses between homeostatic and grafted loading states (B), in 
compliance under grafted loading conditions (C), internal radius under grafted loading 
conditions (D) of RA, ITA, GSV and LSV(mean ± SD, n=5 for each group) among 
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different groups. (*) p < 0.05 represents a significant statistical difference compared with 
internal thoracic artery.  
 
 
 
Figure 4.5. Vessel normalized difference in overall mechanical properties as a function of 
axial stretch ratio. 
4.5 DISCUSSION 
The goal of this study was to develop a methodology to evaluate mechanical 
compatibility of ITA, RA, GSV and LSV as autologous coronary artery grafts. The 
obtained descriptive results were illustrated in terms of the luminal pressure-deformed 
outer diameter and luminal pressure-axial force relationships at various degree of axial 
stretch. A structure-motivated constitutive model was validated to solve boundary-value 
problems, predicting mechanical responses and stress distribution of vascular wall under 
various loading scenarios. The differences of mean wall stresses, compliance, and inner 
radius between the coronary artery and graft were normalized and compared.  
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 Most of the data obtained from the mechanical testing are within the range of 
results of other porcine blood vessels from previous work. Nonlinear pressure-deformed 
outer diameter relationships as well as phenomenon of decent in compliance as a function 
of pressure were attributed to nonlinear mechanical properties of elastin and stiffening 
effect from the  collagen fibers as they were gradually recruited and bear the load with 
increasing higher pressure. The character of axial force – axial stretch response is in 
qualitatively agreement with previous published data on large conduit arteries [107, 137]. 
The values of opening angle which characterize the stress-free configuration of various 
vascular conduits are similar to results reported in other studies [138, 139]. The 
morphological results showed that thickness of RA and GSV were approximately as same 
as CA, indicating their suitability for both coronary artery and aortic anastomoses [18]. 
Under the same pressure, the mean circumferential stress is proportional to r/t (vessel 
inner radius/vessel wall thickness). The ITA endowed with larger diameter and thin wall 
may bear a much higher internal circumferential stress (σθ) than RA and LSV (𝜎𝜃 =  
∆𝑃𝑟
𝑡
). 
Therefore, it is more likely to induce vascular smooth muscle proliferation in ITA due to 
higher circumferential stress under grafted loading conditions. 
Histological results revealed the organization of structural constituents within the 
vascular wall. The pressure-deformed diameter curve of the grafts did not exhibit the 
same degree of dispensability over the range of low pressures as that of CA. These 
differences in passive mechanical responses may be because of higher content of wavy 
circumferentially oriented elastin within the arterial wall of CA than SV and RA.  
However, endowed with high amount but less wavy elastin in the media, ITA was not as 
distensible as CA at low pressures. As typical muscular blood vessels, SV and RA are 
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mostly consisted of smooth muscle cells within the media. The orientation of smooth 
muscle is of great importance since its extension may induce smooth muscle proliferation 
and trigger hyperplasia [140-143].   
Post-implantation of grafts may mechanically induce vascular remodeling as cells 
sense and adapt to their epicardial mechanical environment. These adaptation or 
maladaptation, such as restenosis of vascular grafts, could affect the outcomes of clinical 
interventions. Quantification of the mechanobiological response of cells to the fluctuation 
in local mechanical environment requires a constitutive model with adequate predictive 
capability. Since elastin and collagen fibers are major structural constituents of vascular 
remodeling, we used a structure-motivated constitutive model with the capability of 
predicting stress distribution across the vascular wall under certain mechanical loads. It 
showed that the vascular cells in the ITA experienced similar mechanical environment as 
that of coronary artery under grafted loading conditions, implying that ITA requires less 
remodeling than other grafts and corroborating the results from other studies that ITA has 
better long-term patency than SV and RA.  
Structural incongruities between graft and target artery play a major part in 
determining the graft patency. Mismatch of compliance between the host and graft 
vessels may result in internal hyperplasia at the anastomosis [144]. Mismatched deformed 
inner radius may give rise to competitive blood flow, inducing abnormal low shear stress 
on the endothelial cells [145]. Normalized comparisons in compliance and deformed 
inner radii obtained from our results indicated that ITA was the most compatible graft for 
coronary artery. This speculation is also indirectly supported by the least deviation in 
circumferential stress distribution between ITA and CA under physiological conditions of 
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CA, suggesting ITA was most mechanically similar to coronary artery and requires the 
least remodeling among various grafts which corroborated results from previous clinical 
studies that ITA has the lowest failure rates [18, 146-148].   
Mechanical compatibility of various grafts varies significantly with their axial 
stretch. In vivo mechanical stability of the vascular tissue is partially maintained by 
longitudinally extension of the vascular wall so that the magnitude of resultant axial 
stress is virtually independent with periodic pressure [98, 149, 150]. Abnormal high axial 
stress at the anastomoses between the graft and host artery may increase the risk of 
hemorrhaging with vascular remodeling ensued [151, 152]. Differences in axial stretch 
for optimal mechanical compatibility of various grafted vessels provide reference 
information to cardiovascular surgeons and suggest them consider varying axial stretch 
ratios of grafts based on the type of vessel to obtain best clinical outcomes. 
4.6 STUDY LIMITATIONS 
There are several limitations to this approach. First, mean Cauchy circumferential 
stress vs. mid-wall stretch and stress distribution analysis were conducted under the 
assumption that tissue is homogenous. However, there is evidence of the existence of 
heterogeneity in the media and adventitia of vascular soft tissues. Further studies should 
incorporate the two-layer heterogeneous constitutive model to capture the mechanical 
behaviors of media and adventitia in grafted blood vessels respectively. Secondly, we 
only assessed the passive mechanical response of various vascular grafts without 
concerning the effect of VSMCs basal tone. The contractile states of VSMCs within the 
arterial wall significantly affect the structural properties such as compliance of vascular 
wall. Further studies that quantify the microstructure and constitutive coupled with 
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contractile states of vascular smooth muscle cells will help us comprehend the overall 
mechanical properties of vascular grafts. 
4.7 CONCLUSION 
        In conclusion, the present study quantified passive mechanical responses of 
porcine CA, ITA, RA, GSV and LSV. Most notably, this is the first study to our 
knowledge to investigate the mechanical properties of various autologous coronary artery 
grafts which are critical factors in determining graft patency. The ideal to be aimed at is 
to weigh against their advantages and disadvantages so as to select a graft that could 
restore blood flow without disturbing the normal mechanical environment of the host 
artery and correspondingly reduce the rate of intimal hyperplasia. The optimal selection 
of grafts can reduce the risk of early complication and progressive deterioration of graft 
function, providing a framework for cardiovascular surgeons to deliver better clinical 
outcomes. 
 
4.8 STUDY TRANSITION 
In the previous study, we have compared the mechanical properties of various 
vascular grafts and evaluated their suitability and potential long-term patency. The next 
question is what we would do if native vein or artery is not available because of previous 
harvest, anatomical limitations, or disease progression. Synthetic materials have 
demonstrated greater success in large diameter vascular prostheses yet poor performance 
for small ones. To solve this problem, novel tissue-engineered vascular constructs were 
fabricated and following mechanical characterization of this material was conducted to 
evaluate its clinical feasibility.   
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CHAPTER 5 
MECHANICAL CHARACTERIZATION OF TISSUE-ENGINEERED 
VASCULAR CONSTRUCTS 
5.1 ABSTRACT 
To meet demands of vascular reconstruction, there is a need for prosthetic 
alternatives to natural blood vessels. Here we explored a new conduit fabrication 
approach. Macroporous, gelatin microcarriers laden with human umbilical vein 
endothelial cells and aortic smooth muscle cells were dispensed into tubular agarose 
molds and found to adhere to form living tubular tissues. The tubular tissues behaved as 
elastic solids, with a uniaxial mechanical response that is qualitatively similar to that of 
native vascular tissues and consistent with their elastin and collagen composition. 
Linearized measures of the mechanical response of the fabricated tubular tissues at both 
low and high strains were observed to increase with duration of static culture, with no 
significant loss of stiffness following decellularization. The geometry and mechanical 
properties of circumferential stretched samples showed no statistical difference compared 
to the specimens cultured in agarose molds. Tubular tissues were then stacked and 
cultured to form vascular substitutes. The mechanical properties of these tubes were
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assessed via burst pressure and suture retention strength tests, with comparatively lower 
values due to poor cross-linking elastin and collagen. The findings highlight the utility of 
cellularized macroporous gelatin microcarriers as self-adhering building blocks for the 
fabrication of living tubular structures. 
5.2 INTRODUCTION 
 Availability of suitable autologous vascular conduits derived from a patient’s 
body was limited for vascular replacement surgical procedures [153]. A variety of 
approaches have been developed to fabricate blood vessels [26, 30, 154-157]. These 
include the use of tubular scaffolds manufactured from natural and synthetic biomaterials 
that are subsequently seeded with vascular cells to create living prostheses [26-29]. We 
were motivated to explore alternative approaches that would facilitate cell-based 
fabrication of conduits comprised of vascular cells and extracellular matrix (ECM) 
constituents that they synthesize. 
Microcarrier beads are 100-300 μm diameter spherical particles that allow 
attachment and growth of anchorage-dependent cells while in suspension culture [158-
160]. Microcarrier beads are manufactured from natural and synthetic materials, 
including gelatin, collagen, etc. variant forms of microcarrier beads are macroporous, 
having large pore of ten of micrometers that provide additional areas for cells to attach 
and grow [161, 162]. Microcarriers have been used for suspension tissue culture to 
produce high yields of anchorage-dependent cells and their secreted products, but in 
recent years their utility in tissue regeneration and tissue engineering has emerged.  
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Quantification of the mechanical properties of vascular tissue is essential for 
understanding the physiological function of arteries and for the design and fabrication of 
arterial substitutes to replace diseased vessels. Focusing on the development of tissue 
engineered arteries, it is important to obtain reliable and useful preliminary information 
about mechanical properties of tissue constructs immediately after fabrication and 
following mechanical preconditioning in bioreactors. Moreover, because vascular cells 
are mechanosensitive and the process of neo-artery formation is governed by the local 
stresses existing in the wall of the tissue engineered artery, there is pressing need to 
calculate the wall stress distribution across the vessel wall with appropriate predictive 
mathematical models. Proposing such models necessitates a constitutive formulation of 
arterial tissue in a framework of soft tissue biomechanics. The first step is to perform 
relatively simple mechanical experiments to quantify the material properties, while 
minimizing errors and artifacts, and to process the recorded data towards formulation of 
reliable constitutive equations. 
 Uniaxial tensile experiment is among the simplest mechanical tests that can be 
performed on a specimen made of a solid material. It is shown that uniaxial experiments 
performed on materials that undergo finite (large) deformations, such as soft tissues and 
tissue engineered constructs, are in general not sufficient to identify the constitutive 
stress-strain relationships. However, uniaxial experiments on these materials can reveal 
descriptive and useful mechanical information, provided the recorded experimental data 
are correctly processed and analyzed. 
Focusing on blood vessels and tissue engineered vascular constructs, uniaxial 
experiments are done using specific shaped specimens; rings, dumbbell-shaped 
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specimens or specimens with helically-oriented fibres excised from tubular samples are 
commonly used [15, 163-166]. Since most soft tissues, including vascular tissue, are 
mechanically anisotropic, their mechanical properties depend upon the direction of the 
applied forces. Therefore careful specimen preparation for mechanical testing is 
necessary since the tissue excision may influence the results obtained. For example, the 
anisotropy introduced by collagen fibers in the arterial wall produces disparate results in 
uniaxial tests depending on whether the excised specimens are orientated longitudinally 
or circumferentially relative to the vessel axis [167]. 
Tissue engineered blood vessels (TEBV) to function properly and successfully 
must meet clinically-specific mechanical requirements such as burst pressure strength and 
suture retention strength (SRS). Appropriate burst pressure in TEBV is critical since graft 
failure may cause aneurysms, hemorrhage while internal hyperplasia induced by 
compliance mismatch may cause graft occlusion. Autologous grafts such as saphenous 
vein (SV) and internal mammary artery (ITA) show burst pressure of roughly 2000 
mmHg [168, 169] . Meanwhile, the SRS of TEBV regarded as an indicator of mechanical 
strength in anastomosis, are of great importance to vascular surgeons. Studies showed 
that burst pressure and suture retention strength tests are adequate gauge of mechanical 
properties of vascular tissue constructs [170-172]. 
Here we utilized vascular cell-containing macroporous gelatin microcarriers 
(Cultisphers) in conjunction with agarose molds to facilitate 3D tissue engineering of 
living tubular constructs and evaluated their mechanical properties for clinical feasibility. 
Uniaxial tensile testing as well as burst pressure and suture retention strength tests were 
conducted. A particular focus is paid to the use of particle tracking techniques to identify 
 77 
 
the sample region in which the tissue experiences homogeneous deformation. The results 
obtained from this study will provide a demonstration of the potentialities for improving 
the manufacturing procedure of this material. 
5.3 MATERIALS AND METHODS 
Ring constructs culture  
Microcarrier beads laden with co-cultured human umbilical vein endothelial cells 
(HUVECs) and human aortic smooth muscle cells (HASMCs) were dispensed into 
tubular agarose molds, which after 7 days in culture yielded fused ring constructs of 4 
mm outer diameter, 2 mm inner diameter, and 2.5 mm length (Figure 5.1). In a parallel 
set of studies, ring constructs were decellularized prior to mechanical testing. The 
constructs were washed in deionized (DI) water for 30 min, stirred continuously in PBS 
containing 1.0% sodium dodecyl sulfate (SDS) for 60-65h, and rinsed overnight in DI 
water. They were then rinsed one more time for 30 min, and finally stored in fresh DI 
water.  
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Figure 5.1. Fabricated Tubular Constructs. A, B, C, and D show different views of an 
elongated tubular construct that has been cultured for 17 days, E and F show the spherical 
microcarriers. 
Static stretch of ring-shaped samples 
Focusing on the effects of static internal circumferential stretch on the mechanical 
properties of fabricated tissue constructs, customized bio-inert vertical posts made from 
polylactic acid (PLA) were used to stretch the samples (Figure 5.2). Cellularized ring 
specimens removed from 2 mm agarose posts in molds were placed on PLA posts of 2 
mm and 3 mm and cultivated for 12 days while cellularized samples cultured in 2 mm 
agarose molds were chosen as control group (Figure 5.3). Prior to mechanical 
experiments, Geometry of each specimen was measured after being removed from the 
posts. At least one minute of relaxation time was required to let the specimen reach 
resting state after removal, during which dot pattern can be applied on the sample. 
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Figure 5.2. (A) bio-inert posts made of PLA, (B) posts placed in the molds. 
 
 
 
Figure 5.3. (A) torroids on the post of 2mm. (B) torroids placed on the 3mm post. (C) 
sideview of stretched torroids. 
Stacked tube culture 
After 5 days in agarose molds, tubular constructs were removed and stacked onto 2 mm 
diameter stainless steel center post guides mounted on an acrylic base plate in wells of 6-well 
plates. The stack tubes were submerged in 1:1 mixture of EGM-2 and SMGM and cultured for 
varying periods of time (Figure 5.4). 
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Figure 5.4. A, B, C and D display different view of stacked tube. 
Uniaxial tensile testing 
Five ring-shaped samples (outer diameter 4.00-4.17 mm, wall thickness 1.04-1.12 
mm, wall height 2.21-2.25 mm) were prepared as described above and matured for 7 to 
17 days prior to mechanical testing. To initiate mechanical testing, samples were 
removed from media and immediately secured onto horizontally-oriented 25 gauge 
cannulas mounted to the upper and lower arms of a uniaxial mechanical tester (Bose 
Enduratec 3200) (Figure 5.5). Samples were kept hydrated with culture medium while 
being mechanically preconditioned with four tensile displacement cycles up to 1.2 mm 
(20-25% strain) at a displacement rate of 0.01 mm/s. An identical fifth cycle was then 
immediately performed, during which load data (50 points/s) was recorded by system 
software (Bose, Wintest). An image-based technique was used to measure the local strain 
in the middle section of each sample. Blue tissue marking dye was applied to the sample 
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by a fine tip applicator to create a dot pattern. Images were captured using a Nikon SMZ-
U light microscope and a Q- Imaging camera. Using Image Pro 5.1 to spatially calibrate 
the image, the vertical distance between the dots was used to calculate local strain (Figure 
5.6). 
 
 
 
Figure 5.5. (A) Experimental Setup of Uniaxial Tensile Testing. (B) Close view of 
samples. Arrow pointing at the Toroid undergoing displacement. 
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Figure 5.6. Acquired images from a uniaxial ring experiment on an engineering vascular 
construct. The distance between markers contained within the central region of the 
sample longitudinal axis was measured in the undeformed (a) and deformed (b) states to 
facilitate calculation of a local stretch ratio. The scale bar refers to both images. 
Burst Pressure Testing 
The tissue-engineered tube was fabricated and transported from Medical 
University of South Carolina. When it was arrived, agarose surrounding the tube was 
carefully removed using sterilized scalpel. The distal portion of the tube was then gently 
cannulated onto the 25-gauge plastic cannula and sutured using 4-0 silk suture. It was 
then mounted to the testing machine (Bose 5100 Biodynamic) (Figure 5.8). Burst 
pressure testing was performed by increasing the pressure from 10-200mmhg at a rate of 
0.2 mmHg/s until failure.  A Micro-tip catheter based pressure transducer (MPC-500, 
Millar) was placed into the inlet and used to measure the luminal pressure at a sampling 
rate of 3 Hz. Data was collected using data acquisition system (Wintest 7, Bose) at a rate 
of 3 Hz. In all cases, rupture occurred at a location away from the cannulation site.  
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Suture retention testing 
Following burst pressure testing a suture retention strength test was performed 
(Figure 5.8).  A cut was made with a scalpel to the intact tube construct at a 45-degree 
angle to the long axis, as specified in the ANSI 7198 requirements. The elbow adapter 
nozzle with the attached loop gradually pulled the suture thread through the construct by 
increasing its displacement at a rate of 50 mm/min until the suture completely tore 
through the vessel wall. The maximum force required pulling the suture through the 
vessel was then recorded as the suture retention strength. The test was then repeated 
twice on the same sample at locations 120 degrees apart to obtain a total of three values 
for each vessel test segment, as specified in the oblique procedure in the ANSI 7198 
Cardiovascular implant requirements.  
  
Figure 5.8. Experimental setup of burst pressure test on the fabricated tube. i ure 5.8  
Figure 5.7. Experimental setup of burst pressure on the fabricated tube. 
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Figure 5.8. (A) Suture Retention Strength Test Set-up, The picture above shows the 
construct sutured to the plastic cannula mandrel on left, with the moveable post on the 
right (B) pulling the suture through the vessel wall.   
5.4 RESULTS 
Uniaxial mechanical response 
The uniaxial mechanical response of Cultispher tubes was highly repeatable 
among the test samples (n = 5; outer diameter 4.00-4.17 mm, wall thickness 1.04-1.12 
mm, wall height 2.21-2.25 mm) and exhibited a high degree of nonlinearity in the 
examined range (Figure 5.9 (a)). A representative plot of sample deformation showed a 
nonlinear elastic mechanical response. The sample was elongated to a stretch ratio of 
1.18, which corresponds to 18% increase in length. The stress was increased nonlinearly 
with stretch ratio (Figure 5.9 (b)).  
(A) (B) 
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Figure 5.9. Experimental preconditioning and data obtained from uniaxial ring test. (A) 
Ring constructs were preconditioned via three loading-unloading cycles to obtain a 
reproducible elastic response. (B) Immediately following preconditioning, an identical 
fourth cycle was performed, and loading data processed to develop stress-stretch relations. 
Error bars represent the standard deviation of measurements made on four samples. 
 
Cauchy stress-stretch relationship of cellularized constructs with various culture 
times was plotted as shown in Figure 5.10 (A). The comparison of mechanical properties 
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between cellularized and decellularized samples cultured for 17 days was shown in 
Figure 5.10 (B). 
 
 
 
Figure 5.10. (A), Experimental stretch-stress responses (means±SE) of cellularized tissue 
constructs  (n=5 tissue constructs from each culture period) and (B), Comparison of 
experimental stretch- stress responses (means±SE)  of cellularized and decellularized  17 
day constructs (n=5 for each) 
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 It has been shown that native vascular tissues exhibit biphasic mechanical 
responses over the physiological loading range [173]. The elastin plays an important part 
in the mechanical response over low strain while collagen fibers make a significant 
contribution as they are gradually recruited with increasing strain [32, 174]. Focusing on 
the comparison in mechanical properties between native and synthetic soft tissue 
constructs, the elastic moduli of the low and high strain regions of the fabricated tissue 
constructs we tested were calculated separately. The Cauchy stress-stretch curves were 
divided into three regions: elastin-dominant and collagen-dominant phases between 
which is the transition region, of which the incremental elastic moduli were determined 
by linearizing the stress-stretch curves over the low and high strain regions respectively 
as shown in Figure 5.12.  The calculated elastic moduli of elastin and collagen for both 
cellularized and decellularized tissue constructs range from approximately 10 to 1500 
kPa (Table 5.2 and Figure 5.13). Statistical analysis is conducted to characterize the 
mechanical property dependence on culture time and decellularization process. The 
stiffness of the cellularized constructs was significantly increased with culture time. It 
showed that there was no significant difference between cellularized and decellularized 
constructs cultured for 17 days.  
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Ultimate tensile strength (UTS) was determined by recording the failure load as 
we increased the strain.  It can be seen that the mean ultimate tensile strength of the 
cellularized samples increased significantly with culture time.  A significant increase in 
ultimate tensile strength of decellularized samples between 7 and17 days was observed 
yet insignificant difference between decellularized ones between 12 and 17 days (Figure 
5.11). 
 
 
Figure 5.11. Comparison of ultimate tensile strength of cellularized and decellularized 
constructs. 
Table 5.1. Incremental elastic moduli of cellularized and decellularized constructs. 
 
Culture 
time Cellularized  Decellularized  
  E(elastin) [kPa] E(collagen) [kPa] E(elastin) [kPa] E(collagen) [kPa] 
7 days 13.32 ± 8.09 38.52 ± 35.46 21.99 ± 12.89 151. 62 ± 99.87 
12 days 21.26 ± 16.99 289.03 ± 116.32 13.32 ± 8.09 38.52 ± 35.46 
17 days 35.71 ± 15.43 873.35 ± 1143.86 59.57 ± 38.19 
 
1442.13 ± 1318. 97 
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Figure 5.12.  Cauchy stress-stretch consisting of elastin dominant, transition and collagen 
dominant phases of tissue constructs. 
 Day 12 cellularized ring samples on both 2 mm agarose posts in molds and PLA 
vertical posts of 2mm and 3 mm were compared to see whether circumferential 
conditioning affects the geometrical or mechanical properties of these constructs. The 
effects of culture environment and boundary conditions were examined by comparing 
specimens cultured on 2 mm PLA post with ones on 2 mm agarose molds, while 
influence of circumferential strain was tested by comparing the samples cultured on 3mm 
PLA posts with ones on 2 mm agarose molds and PLA posts. It showed that there was no 
significant statistical difference in geometry among different culture environments (Table 
5.2 and Figure 5.13).  Mechanical testing of statically stretched ring constructs and 
controls was conducted as mentioned in previous section. Linearized elastic moduli of 
elastin and collagen as well as ultimate tensile strength were shown in Table 5.3 and 
Figure 5.14. 
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Table 5.2. Geometric parameters of statically stretched specimens. 
 
Material conditions  Outer diameter [mm] Inner diameter [mm] Thickness [mm] 
2 mm agarose post 3.81 ± 0.17 2.37 ± 0.26 0.72 ± 0.09 
2 mm PLA post 3.83 ± 0.22 1.89 ± 0.35 0.97 ± 0.19 
3 mm PLA post 4.19 ± 0.3 2.42 ± 0.43 0.89 ± 0.22 
 
   
 
    
 
Figure 5.13. Comparison of outer diameter (A), inner diameter (B) and thickness (C) 
among different vascular constructs. 
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Table 5.3. Incremental Elastic moduli of elastin and collagen of unstretched and stretched 
cellularized constructs. 
 
Material conditions E (elastin) [kPa] E (collagen) [kPa] # of samples 
Agarose 2 mm 21.26 ± 16.99 289.03 ± 116.32 5 
Pre-stretched 2 mm 34.19 ± 23.46 223.94 ± 146.96 9 
Pre-stretched 2.5 mm 34.1 ± 13.49 368.48 ± 155.22 6 
Pre-stretched 3 mm 32.28 ± 10.81 395.67 ± 41.86 8 
 
Figure 5.14. Comparison of incremental elastic moduli of elastin (A) and collagen (B) as 
well as comparison of ultimate tensile strength between agarose molds and stretched 
samples (C) among various fabricated constructs. 
0
100
200
300
 2 mm
agarose
 2 mm
PLA
 3 mm
PLA
E
 [
k
P
a
] 
E (elastin) 
0
500
1000
1500
2000
2500
 2 mm
agarose
 2 mm
PLA
 3 mm
PLA
E
 [
k
P
a
] 
E (collagen) 
0
10
20
30
40
50
60
 2 mm
agarose
 2 mm
PLA
 3 mm
PLA
σ
 [
k
P
a
] 
UTS 
(A) (B) 
(C) 
 92 
 
Burst pressure and geometry for all tissue engineered tube constructs are included 
in Table 5.4. The suture retention strength of our constructs had averaged to 1.89 ± 0.01N 
(n=1, three tests per specimen).   
Table 5.4. Burst pressure and geometry of tube. 
 
Sample 
# 
Burst pressure 
[mmHg] 
Thickness 
[mm] 
Outer diameter 
[mm] 
Inner diameter 
[mm] 
Length 
[mm] 
1 64.30 1.30 4.10 1.50 25.50 
2 76.50 0.90 2.64 0.82 14.18 
3 62.40 1.10 3.66 1.40 15.76 
4 66.80 1.05 4.29 2.19 18.12 
5 28.90 1.14 4.42 2.14 18.19 
AVG 59.78 1.10 3.82 1.61 18.35 
STD 18.09 0.14 0.72 0.57 4.34 
 
5.5 DISCUSSION 
Here we demonstrate that cellularized gelatin macroporous microcarriers 
(‘Cultisphers’) can be used as self-adhering building blocks for the fabrication of tubular 
structures. The ability of cellularized Cultisphers to adhere to one another involved the 
formation of both cellular and extracellular matrix (ECM) bridging between microcarrier 
beads. Cellular bridges included cells occupying the inter-bead spaces as well as 
epithelium-like cell layers lining the luminal and abluminal surfaces of the tubular 
constructs.  
A potential application of the cellularized microcarrier-based fabrication approach 
described here is in the manufacture of replacement blood vessels or other types of 
tubular structures damaged by injury or disease. Each year, hundreds of thousands of 
people undergo vein or artery replacement therapy; however, systemic vascular disease 
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often means that autologous replacement blood vessels are not available. Various 
approaches have been carried out to fabricate blood vessels [175-179]. One way is to use 
tubular scaffolds manufactured from natural and synthetic biomaterials seeded with 
vascular cells [178, 180-182]. Cellularized microcarrier-based fabrication is a cell-based 
approach to blood vessel construction that might permit synthesis of living prostheses 
having cellular composition and mechanical properties comparable to the walls of native 
blood vessels. In addition to the possibility of using the living microcarrier-based 
constructs directly, removal of cells from constructs may permit generation of acellular 
ECM scaffolds that could be used as biomaterials (e.g., off the-shelf tissue-engineered 
vascular scaffolds). The clinical applicability of microcarrier-based fabrication of living 
tubular constructs or vascular scaffolds will require that the cellular components be 
derived from a patient’s own tissues.  
The current study showed that uniaxial mechanical tests revealed evolving 
material properties of cellularized and decellularized tissue constructs.  The findings 
indicate that construct stiffness increases with static culture time, and that the process of 
decellularization does not compromise the construct’s mechanical properties. These 
findings suggest that manipulation of culture time is an effective constraint for achieving 
specific, desired mechanical properties for different applications. It also suggests that the 
decellularization process yielded an “off-the-shelf” tissue-engineered scaffold which can 
be stored at certain conditions for a period of time prior to implantation. Further studies 
that quantify the microstructure and constitutive modeling with appropriate models will 
provide a link between the microstructure and mechanics of tissue constructs. 
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 The effect of static circumferential stretch was evaluated and it showed there was 
no significant difference in geometry and mechanical properties due to static inner 
circumferential strain. A few studies showed that tissue engineered vascular graft under 
dynamic flow conditions with better outcome in terms of cell proliferation and 
extracellular matrix production compared with static culture group [183-185]. Therefore, 
Additional research is needed to determine if biomechanical and biochemical properties 
of Cultispher tubes can be modified e.g., through application of cyclical strain or flow. 
Engineered replacement blood vessels need to display strength and resiliency 
necessary to sustain mechanical integrity required for physiological levels of blood flow 
and vasoreactivity. In native arterial blood vessels collagens and elastin provide these 
properties [186-188]. Biomechanical testing of the rings generated from cellularized 
Cultisphers demonstrated mechanical behavior consistent with that of an isotropic, 
incompressible, homogeneous, elastic material, with a modulus of 52.2 ± 12.7 kPa in the 
steeper portion of the stress-strain curve. Through analysis of isolated insoluble elastin 
and elastin-rich tissues (e.g., bovine nuchal ligament), elastin has been shown to behave 
as a nearly linear elastic material with Young’s modulus of roughly 400-800 kPa, 
depending on the tissue source and isolation procedures [189-192]. Biomaterials 
produced by cross-linking recombinant elastin polypeptides show similar behavior with a 
lower modulus of about 250 kPa [193].  More recent studies [194] suggest that aortic 
elastin shows some anisotropy in its material behavior, with axial stiffness being less than 
circumferential stiffness. The modulus of the Cultispher ring constructs is consistent with 
the lower end of the range reported by Zou and Zhang [188] for the axial tangent 
modulus of isolated aortic elastin at low strains. The relatively low stiffness of the 
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Cultispher rings suggests that the elastin present may not be highly cross-linked at the 7-
day time point and that there is not a significant amount of mature cross-linked collagen.  
 Burst pressure and suture retention strength are key parameters determining a 
vessel’s clinical feasibility for implantation. Several groups have reported results of 
TEBVs burst pressure up to 2000 mmHg [195-198]. The relatively low burst pressure 
showed in our study may attribute to the poorly cross-linked elastin in the constructs. It 
has been shown that the production of elastin and mechanical properties of tissue 
constructs depends largely on the pore size of the microcarriers [199]. The geometry of 
the test specimens in terms of inner diameter, thickness and length must also be 
considered. Due to Laplace’s law, burst pressure increases linearly with decreasing 
diameter at constant thickness. Meanwhile, test specimen length may also play an 
important part in evaluating the burst pressure. Variation in mechanical strength 
throughout the length of a TEBV for clinical use may not be reflected from a 2 cm long 
segment. Several factors such as bite depth, suture thickness and the number of sutures 
will affect the suture retention strength.  
5.6 STUDY LIMITATIONS 
Simplifying assumptions are made to completely describe the mechanical 
properties of fabricated tissue engineered constructs. Firstly, constructs are regarded as 
elastic materials under physiological loads, although they are probably viscoelastic. There 
is need to conduct stress-relaxation tests on the samples to investigate the viscoelastic 
mechanical behaviors of constructs. Secondly, assumption of material homogeneity was 
introduced to facilitate modeling mechanical properties of fabricated tissue engineered 
constructs, but local variations of compositions may grant the material with certain 
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degree of inhomogeneity. Further experimental studies are required to quantify the extent 
of orthotropic inhomogeneity.   
5.7 CONCLUSIONS 
 Fabricated vascular tissue constructs has the potential for autologous transplants. 
In this work ring shaped constructs formed by self-adhering microcarrier beads seeded 
with human umbilical vein endothelial cells and vascular smooth muscle cells were 
characterized via the uniaxial tensile test while stacked tubes were mechanically 
quantified via burst pressure and suture retention tests, providing a basis for future 
rational design of vascular tissue constructs. Cauchy stress-stretch relationship of ring-
shaped Cultispher constructs generated from experimental data in the uniaxial tensile test 
exhibits nonlinear elastic mechanical behavior, with progressive stiffening at higher 
stretch ratios. Incremental elastic moduli of low and high strain regions were determined 
by biphasically analyzing the Cauchy stress-stretch curves, demonstrating that the 
stiffness of both elastin and collagen increased with culture time. By comparing the 
mechanical properties of cellularized and decellularized constructs cultured for 17 days, it 
showed that decellularization process does not compromise material mechanical integrity, 
suggesting potential application of “off the shelf” tissue constructs. Preliminary results of 
burst pressure and suture retention strength of stacked tube cultured for 27 days showed 
the potentiality of this novel fabrication approach. Mechanical information from this 
study will help us improve the graft development and facilitate structure design and 
analysis to meet specific requirements of clinical use.  
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CHAPTER 6 
CONCLUSION 
6.1 DISSERTATION SUMMARY 
The overall goal of this study was to investigate the mechanical properties of 
native and fabricated vascular tissues which can help select the optimal autologous 
vascular grafts and improve the manufacturing process of engineering vascular 
substitutes. 
  With regard to the native vascular tissues the specific aim was to quantify the 
contribution of the passive structural components to the mechanical behavior of the 
primary renal artery. The findings of this study can be summarized as follows:  
 The primary renal artery exhibits a canonical nonlinear elastic mechanical 
response within the range of physiological loads.   
A four-fiber family structure-motivated strain energy function was able to model 
the mechanical behavior of the primary renal artery. This model was used to predict the 
circumferential stress distribution across the vessel wall under physiological loading 
conditions. 
 With regard to the vasoactivity of the native vascular tissue the specific aim was 
to characterize the biaxial mechanical effects of smooth muscle cell contraction within 
the renal arterial wall. The findings of this study can be summarized as follows 
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The mechanical response of the primary renal artery is qualitatively and 
quantitatively different between maximally contracted and fully relaxed VSMCs states. 
The VSMCs contraction significantly increased the stiffness of primary renal artery. 
The proposed analytical expressions incorporating biaxial VSMCs contraction 
were able to accurately model the derived active circumferential and axial stress-strain 
relationships. 
 The mechanical properties of candidate vessels and tissue engineering vascular 
substitutes were investigated in the context of vascular graft application.  
 The specific aim of this study with respect to autologous vascular grafts was to 
investigate the passive mechanical and structural properties of various blood vessels and 
predict their mechanical compatibility in the context of forming end-to-end vascular 
grafts in the coronary artery. The findings of this study are as follows: 
ITA was shown to be the most mechanically compatible autologous vascular graft 
for coronary artery based on the normalized comparison of compliance, deformed inner 
radius and vessel wall stresses between graft and host artery under grafted loading 
conditions. 
Plausible alteration of the axial stretch of an autologous vascular graft 
significantly impacts its mechanical compatibility and there is an optimal value for each 
kind of grafted vessel.  
 With respect to tissue engineered vascular substitutes the specific aim was to 
quantify the mechanical response of fabricated vascular tissue constructs in a uniaxial 
tensile as well as burst pressure and suture retention experiments. The main findings of 
this study in this context are as follows: 
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Mechanical responses of fabricated vascular tissue constructs were nonlinear and 
the mechanical properties attributed to the loading-bearing structural constituents 
increased with culture time.  
Detergent-based decellularization process did not compromise the mechanical 
integrity of fabricated vascular constructs.  
 Current limitations in the treatments of CVD provide impetus for the development 
of tissue engineered constructs to replace compromised vascular tissues. Because 
vascular cells sense and respond to the local mechanical environment, promoting normal 
phenotype within engineered constructs will depend on the extent to which these mimic 
native arterial behavior in the regime defined by physiological loads. Logically, 
knowledge of baseline native vascular mechanics, particularly the stresses experienced by 
vascular cells, is required to develop tissue engineered constructs that recapitulate the 
mechanical environment within the healthy arterial wall. 
6.2 FUTURE STUDIES  
 
Prediction of stress-induced remodeling of grafted vessels 
Based on the comparisons in mechanical properties between grafted vessel and 
host artery, it will be interesting to investigate how to reduce their mechanical 
discrepancy so as to increase the patency of grafts. One possible solution is to culture the 
potential graft under specific mechanical conditions prior to implantation for a certain 
period of time, inducing tissue growth and remodeling in terms of smooth muscle 
proliferation and extracellular matrix production. Direct boundary value problem can be 
solved using parameters associated with structure-based constitutive models, initial 
stress-free configuration, dry mass fraction of elastin, collagen and vascular smooth 
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muscle cells, results of which can predict ultimate outcomes from stress-induced growth 
and remodeling.  
Inverse and direct boundary value approach for characterizing tissue engineered vascular 
grafts  
For some mechanically isotropic materials, data from the uniaxial tensile 
experiment can be processed to identify the constitutive stress-strain relationships in 
terms of strain energy function (SEF), the parameters of which can be used to predict a 
three-dimensional response of an internally pressurized thick-walled tube fabricated from 
this material. Verification of the proposed SEF can be achieved through comparison of 
the predicted and experimental pressure-diameter response of the fabricated tube. 
Preliminary results showed the predictability of single-invariant constitutive model on the 
biaxial mechanical response of cellularized constructs with various culture time (Figure 
7.1). Given adherent endothelial cells and smooth muscle cells within Cultispheres are 
mechanically sensitive, knowledge of the SEF and constitutive equations for this material 
will facilitate calculating stress-strain relationship of arterial substitutes under 
physiological loads and evaluating its performance.  
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Figure 7.1. Predicted pressure-outer diameter relationships of cellularized constructs at 
various culture time. 
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